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ABSTRACT
Current and emerging photon radiation therapy modalities require dosimetry with
tissue-equivalence, high spatial resolution, the possibility to measure surface dose and
dose inside the target, and preferably the ability to use the system in-vivo and online. In fact, the high dose gradients afforded in both intensity modulated radiation
therapy (IMRT) and microbeam radiation therapy (MRT) require the small size of
solid-state dosimeters for the accurate quantification of absorbed dose to tissue both
pre-treatment and for real-time quality assurance purposes. However, with much of
the advances made in solid-state dosimetry having focused on the use of silicon as the
base sensing medium, an over-response at low x-ray energies (< 150 keV) is observed
due to the increased chance of photoelectric absorption as compared to water. To
remove this dependence, and thus improve dosimetric accuracy, a matching of atomic
composition is required. Carbon based radiation detectors provide an exciting opportunity to help fulfill this need, and as such, form the basis of study in this work.
In particular, the research carried out aims to investigate the online x-ray irradiation
response of three novel detectors made from either synthetic single crystal diamond or
carbon nanotubes (CNTs). Indeed, the latter display extraordinary electronic and optical properties; and by investigating the dosimetric properties of each type of detector
in this way, their potential as clinical medical radiation dosimeters can be evaluated.
The first detector investigated was a novel synthetic single crystal diamond detector implanted with 2 MeV boron ions at the depth of the Bragg peak. Due to radiation
damage which causes a complete graphitisation of the diamond crystal at that depth,
a tissue-equivalent contact is formed in addition to a small sensitive volume ∼ 1.5 µm
thick; this makes the detector ideal for accurately measuring the micrometer sized
dose profile present in MRT. Preliminary testing under orthovoltage and linac generated x-ray beams demonstrate excellent stability, repeatability, dose-rate linearity,
and a relatively flat energy response that matches with theoretical calculations. In
addition, the need for a priming dose which is common to most diamond detectors
was removed due to the high purity of diamond used. These dosimetric properties are
very promising and would suggest the detector design is suitable for further testing
under intensive synchrotron generated x-rays at the European Synchrotron Radiation
Facility in France. However, a dose sensitivity upwards of 68 times greater than what
the theoretically induced photocurrent will allow was also observed, suggesting the
bias potentials applied (minimum of - 2.5 V) contribute an electric field strength which
is able to penetrate the insulating diamond substrate well beyond the depth of the
buried boron electrode. This increase in the thickness of the sensitive volume renders
the detector inoperable for use as an edge-on dosimeter in MRT, an application for

which it was specifically designed, although its application in IMRT is still possible
but which requires further study.
The second detector tested was a U.S. patented device made of a thin percolation
network of single-walled CNTs. Commercially known as FlexDosTM , it is claimed by
the manufacturers ARTsensing Inc. that the detector is suitable for use as a real-time
in-vivo measure of surface dose due to the induced photoresponse obtained. However,
dosimetric characterisation of the device was hampered by the discovery under scanning electron microscope that the thin CNT layer did not exist in any of the four
devices purchased, with an observed signal produced only a result of air ionisation at
the contacts. Whether the CNTs were never deposited on the supporting substrate
or were accidently removed remains unclear, although the latter would indicate the
device is not rugged enough for use in the clinical environment. Since neither the
commercial manufacturer nor the inventors replied to queries regarding the fact that
no CNT layer existed, it remains unconfirmed whether the thin CNT film produces
a genuine signal under irradiation. What is clear however is that the design needs
further enhancement to remove the collection of charge from air ionisation at each
electrode interface.
The third and last detector tested was a free-standing thin single-walled CNT film
known as buckypaper. A thicker variant of the FlexDos design, irradiation under a
6 MV x-ray beam showed no evidence of an online response.
In summary, this study indicates that boron implanted single crystal diamond
detectors have a great potential for improving dosimetric accuracy in IMRT as high
resolution real-time in-vivo dosimeters, although their application in MRT requires
a refined detector design. Conversely, randomly deposited thin CNT films appear
unable to measure an online photoresponse, although the effects at the percolation
level remain inconclusive.

KEYWORDS: Solid state dosimetry, intensity modulated radiation therapy,
microbeam radiation therapy, tissue-equivalence, diamond detectors, carbon
nanotubes, buckypaper
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Chapter 1
Introduction
1.1

Research Motivation

Cancer is a generic term used to describe the diverse group of diseases which are
characterised by the uncontrolled malignant growth of abnormal cells due to a series
of changes in the human genome [1]. The genetic mutation need only occur in a single
cell, and may result after being affected by a carcinogen (be it physical, chemical or
biological) or via inherited genetic factors [2]. Through their growth, a mass known as
a primary tumour forms, which eventually compromises the functioning of the organ in
which it has arisen, evoking symptoms of disease as a result. These effects on normal
tissue function often come from the physical pressure exerted by the expanding tumour
mass; in others, cells from the primary tumour invade adjacent normal tissues and, in
doing so, begin to compromise vital functions. As insidious as these primary tumours
are, they are ultimately only responsible for about 10 % of deaths from cancer [3]. The
remaining 90 % of patients are struck down by metastatic disease i.e., the spread of
the abnormal cancerous cells to other distant parts of the body.
The shear prevalence of cancer worldwide impinges on the lives of tens of millions
every year, having specifically afflicted 12.7 million people in 2008, and accounted for
1
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the deaths of almost 7.6 million globally (around 13 % of all deaths) [4]. The number
and types of cancer diagnosed vary notably by age and sex, with the burden of the
disease projected to continue to rise to over 11 million deaths by 2030. Closer to home,
cancer continues to be the second most common cause of death in Australia, accounting
for approximately 30 % of all deaths annually [5]. As such, the search for a cure in the
scientific fraternity is frenetic but a daunting and challenging task to say the least.
However, the risk of mortality can be reduced if the cancer is detected and treated
early, with the aim of destroying the cancer cells and stopping them from returning.
Depending on the state of the disease, such treatment will often involve psychosocial
support, surgery, radiation therapy, chemotherapy (cancer-destroying drugs), and/or
hormone therapy. Whilst this research project makes no attempt at finding a cure, or
even developing methods to improve early diagnostic detection, it does aim to improve
radiation therapy outcomes in the treatment process by contributing to the field of
research and development in medical radiation dosimetry.

1.2

The Need for Medical Radiation Dosimetry

Ionising radiation is widely used in medicine, both for diagnostic and therapeutic purposes. For instance, x-rays provide the basis for both projection and cross-sectional
images of the human body, whilst radioactive tracers provide complimentary functional information to the anatomical images afforded by radiological procedures [6].
And since the energy deposited by ionising radiation can be used to damage the DNA
of malignant cells (which leads to their death), radiotherapeutic applications are primarily used in cancer treatment, as paradoxical as this may seem.
With such a variation in application, the actual radiation dose (defined as the mean
energy imparted per unit mass) delivered to patients varies significantly depending on
the medical procedure used, as shown in Fig. 1.1. Of particular importance is the
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relation between dose and effect. In diagnostic imaging a higher radiation dose will
generally lead to a better signal-to-noise ratio and therefore to better image quality,
whilst in radiotherapy a higher dose will lead to an increased chance of tumour eradication. However, the increase in dose is associated with an increased risk of detrimental
side-effects developing, be they deterministic or stochastic in nature [6]. Deterministic effects have a threshold value (typically at large radiation doses) whose severity
increases with dose; for example, skin erythema or hair loss. Stochastic effects are
independent of radiation dose and are more likely to occur as the dose is increased,
the most notable example being that of cancer induction [7]. As such, all radiation
exposure must be optimised in order to minimise the risk of detrimental effects occurring, a process that can only be achieved through measurement of the absorbed dose
using medical radiation dosimetry.

Figure 1.1: Typical dosages from the medical use of ionising radiation (reproduced from
Kron 2011 [6]). Another value worth mentioning is the mean background dose
a person receives per year as a consequence of natural radiation sources, which
is roughly 2 mGy.

1.2. The Need for Medical Radiation Dosimetry

4

Specifically, medical radiation dosimetry quantifies the energy deposited by ionising radiation in human tissue in terms of absorbed dose to water (water is a reasonable
substitute as it forms the main constituent of many human tissues) [8]. Its primary
objectives include risk-benefit assessment in diagnostic imaging and quality assurance
(QA) in radiation therapy, the latter of which includes those routine checking procedures that ensure a consistent and safe fulfillment of the dose prescription to the target
volume [7].∗ However, all the procedures involved in the planning and execution of
radiotherapy can contribute to a significant uncertainty in the absorbed dose actually
delivered to the patient [9]. As such, in vivo patient dosimetry is used as the ultimate
check of the dose prescription but is increasingly requiring improved dosimetric accuracy with the advanced conformal techniques now employed [10, 11]. With a focus
to improve the dosimetric accuracy in mind, an overview of the radiation dosimeters available for use in radiotherapy departments is presented below along with a
background on the fundamental principles involved in radiation therapy.

1.2.1

Available dosimeters

A radiation dosimeter can be defined generally as any device that is capable of providing a physical response r that is a measure of the average absorbed dose D deposited
in its sensitive volume V by ionising radiation [12]. Indeed, virtually all effects that
can be attributed to ionising radiation have been used for medical radiation dosimetric
purposes, as listed in Table 1.1 below. Any online configuration, such as that afforded
to ionisation chambers and semiconductor-based devices, relies on a fast and stable
dose-rate response to measure the dose in real-time. Offline configurations are used by
passive dosimeters such as TLDs and film which provide a measure of the integrated
dose, but only after due processing following the beam exposure.
∗

Medical radiation dosimetry also plays an important role in radiation protection to ensure radiation
workers are not exposed to levels deemed higher than acceptable by the respective governing body.
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Table 1.1: Effect of ionising radiation and its use in radiation dosimetry.
Adapted from Metcalfe et al. 2007 [7]

Radiation effect
Ionisation in gases
Ionisation in liquids
Ionisation in solids

luminescence

Chemical transitions

Heat
Biological effects
1
2

Dosimetric method
Ionisation chamber
Liquid filled ionisation chamber
Silicon semiconductors:
Diodes
MOSFETs1
Diamond detectors
Scintillators
Thermoluminescence dosimetry (TLD)
Optically stimulated luminescence (OSL)
Radio-photoluminescence (RPL)
Radiographic film
Radiochromic film
Chemical dosimetry:
Alanine/EPR dosimetry2
Fricke gel dosimetry
Calorimetry
Erythema
Chromosome aberrations

Metal-oxide semiconductor field-effect transistor
Electron paramagnetic resonance

Ionisation chambers are the prime detectors used by radiotherapy departments,
providing absolute (reference) and relative measures of absorbed dose to water [7].∗
However, the importance of solid state dosimeters (shown in bold) cannot be undersold since, in addition to relative dosimetry, they allow radiotherapy departments to
measure the surface dose, the dose to critical organs, and the dose in difficult geometries in-vivo. Indeed, it is their small size, high sensitivity, versatility, ability to be
combined into an array and generally low cost which makes them useful for verifying
a dose plan prior to treatment, in vivo patient dosimetry, and radiation protection [6].
∗

Relative measures require the reference measurement provided by the ionisation chamber as a comparison for the measurement of absorbed dose in water [13].
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Fundamental principles of radiation therapy

Radiation therapy (or radiotherapy as it is commonly known in Australia) is the
treatment of a localised malignant tumour with ionising radiation. The high-energy
radiation, be it charged particulate or uncharged, deposits energy in the medium it
penetrates and is quantified by the absorbed dose, which is measured in the units
of Gray (1 Gy = 1 J/kg). It is one of just three principal modalities used in cancer
treatment (the other two being surgery and chemotherapy), generally exploiting the
fact normal tissue cells repair more effectively than tumour cells if the dose is delivered
over many days in a number of equal fractions, a process known as fractionation.∗ In
fact, of the 1 in 3 Australian men and 1 in 4 Australian women diagnosed with cancer
before the age of 75 [15], strong evidence suggests that a little over 50 % should be
receiving a course of radiation therapy during the treatment of their disease [16].
Indeed, it is used most commonly to cure localised head, neck, lung, breast, rectal,
prostate, and cervix cancers, or as an adjuvant therapy in combination with surgery
and/or chemotherapy [17]. It may also be used as a part of palliative care to control
the cancer growth or to alleviate pain, discomfort and other associated symptoms in
order to prolong a good quality of life [7].
Relying heavily on modern technology, common deliverance of the dose is external
through the skin via the use of conventional photon and electron beams. Such beams
are produced by medical linear accelerators for the treatment of superficial (4 – 25 MeV
electrons) and deep-seated tumours (4 – 25 MV x-rays), whilst orthovoltage machines
produce x-ray beams for skin cancer treatment (up to 150 kVp ) and palliative care (up
to 300 kVp ) respectively [7]. Typical dose distributions in water, normalised to 100 %
at the dose maximum, for various photon and electron beam energies are shown in
∗

A typical course of radiotherapy is delivered in about 30 to 40 daily fractions of 2 Gy each. In limited
situations the dose may be delivered in a large single fraction (known as radiosurgery), but only if
the target volume is small and contains nothing other than tumour tissue, such as that observed in
the typical intracranial lesion [14].
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Fig. 1.2. The dose may also be administered internally with the placement of small
sealed sources of radioactive material in or near the tumour (known as brachytherapy).∗ Such implants typically involve an invasive procedure and can be used for
varying durations, in some cases being left in place permanently [7]. Indeed, the use
of brachytherapy has recently increased significantly as prostate cancer patients find
it a possibly attractive alternative to other treatment modalities [6]. However, it is
only an option for small cancers and patients who are fit for an operation, therefore
most patients are treated using external beam radiotherapy.

Figure 1.2: Percentage depth dose curves in water for; (a) photon beams in the energy
range from 100 kVp to 22 MV, and (b) electron beams in the range from 9 MeV
to 32 MeV (reproduced from Podgorsak 2010 [18]). It is evident that the depth
dose characteristics depend strongly upon beam type and energy, with the
dose decreasing almost exponentially for photons beyond the depth of dose
maximum, dmax , whilst dropping off far more rapidly in the case of electrons
due to their finite range. Less clear however is the dependence on other beam
parameters such as field size and source-to-surface distance (SSD), and the
reader is referred to the texts [7] and [18] for a comprehensive analysis of their
affect.

Planning generally involves using a CT dataset of the patient and a computerised
treatment planning system (with the beam data input) in order to predict the dose
at any point by means of an appropriate model-based algorithm [19]. In this way, one
can optimise the dose distribution in the patient by shaping and directing multiple
∗

Treatment with unsealed radioactive sources is also possible through ingestion or injection into the
body.
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radiation beams at the target. Because normal tissue cells can also be destroyed or
damaged in the irradiation process, the aim is to improve the therapeutic ratio by
maximising the dose given to the tumour (maximise the tumour control probability)
and minimising the dose received by the surrounding normal structures (minimise the
normal tissue complication probability).∗ Through significant advances in technology
over the past decade, this aim can be better achieved using such methods as [11]:
 patient immobilisation,
 intensity modulated radiotherapy (IMRT), and
 image guided radiotherapy (IGRT).

With these more precise and accurate targeting techniques, the radiotherapist is able
to spatially conform the high dose region to the planning target volume (PTV) —
a volume which includes the tumour plus a margin for microscopic disease spread
and setup error — thereby sparing the surrounding normal structures [7]. Given the
susceptibility of internal organ movement within the patient, the recent development
(but still in its infancy) of adaptive radiotherapy (ART) is particularly exciting, as
it enables target shape and position verification not only before and after treatment
but also during the dose delivery process [18]. On the other hand, the use of heavy
ion beams (including protons) offers some advantages in the treatment of certain radioresistant tumours, in addition to reducing normal tissue toxicology and sparing the
deeper located organs. However, in comparison with conventional beams, the heavy
ions are significantly more complicated to use and their associated infrastructure and
operating costs are also considerably higher, thus restricting their widespread clinical
application at present [18].

∗

For a given dose, the therapeutic ratio is defined as the probability of tumour control divided by the
probability of normal tissue complications [7].
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To ensure the prescribed radiation dose delivered to each patient is accurate, it is
common practice to verify the dose plan prior to treatment using dosimeters in phantoms that mimic the patient geometry and atomic structure followed by measurements
of absorbed dose in vivo [7].∗ By providing a measure of the absorbed dose, the risks
of accidental over- or under-doses are minimised, leading to the best possible results
from treatment. Indeed, due to the tumour controls generally steep dose response
(as shown in Fig. 1.3), the recommendation is to maintain the PTV’s dosimetric accuracy to within −5 % and +7 % in conventional radiotherapy so as to optimise the
therapeutic ratio and thus patient outcomes [20]. However, this task is made difficult
by the fact beam calibration, relative dose measurements, patient set-up variations
and performance of the treatment machine on the day of treatment all contribute to
the final uncertainty [6]. In particular, the highly conformal techniques now used in
modern radiotherapy, as mentioned above, impose severe requirements on traditional
online dosimetric systems. This is because the strongly varying radiation fields (with
their elevated variability in space and time of the dose-rate and of the beam spectral
composition) used to create the high-dose gradients demand detectors with improved
spatial resolution and a fast response directly proportional to the dose rate but independent of energy so that more accurate dose measurements can be made [14,21]. For
this reason, robust tissue-equivalent solid-state dosimeters that are stable in time with
a small physical size, high sensitivity, fast dynamic response, large dynamic range,
and low cost are increasingly being sought and used [22].

∗

In radiotherapy the term phantom is used to describe a material and structure that models the
radiation absorption and scattering properties of the human tissue of interest [7]

In fact, to complement the dose-difference analysis in high dose gradient regions, the distance to
agreement (DTA) concept is often used which measures the distance between a measured dose point
and the nearest point in the calculated distribution containing the same dose value [11].
Tissue equivalent materials are classified as having a similar response to a biological tissue in terms
of absorption and scattering when in contact with radiation.
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Figure 1.3: Typical dose response curve for tumour control and normal tissue complication probability in radiotherapy (reproduced from Kron 2011 [6]). As one can
see, the effects on the tumour and the normal tissues occur in approximately
the same dose range. As such it is essential to try and minimise the dose to
surrounding normal structures as much as possible.

1.3

Objectives and Scope of this Research

As discussed above, modern conventional radiotherapy is demanding increased spatial
resolution in the dose measurement process so as to reduce dose-volume averaging
effects, thereby allowing for more accurate measurements to be made in regions of
steep dose gradients [23]. This is important not only for treatment planning verification but also for the accurate output from dose planning systems such as Pinnacle3
(Philips Medical Systems) that utilise experimentally measured penumbra in the small
radiation fields that characterise IMRT beams [24].
At present, silicon diodes and MOSFETS (comprised mostly of silicon) are the
current solid-state detectors of choice where high spatial resolution and an immediate
readout are required [6]. They are particularly advantageous in the dosimetry of MV
electron beams (due to the mass collision stopping power ratio of silicon-to-water being
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practically energy independent at the energies of interest), and are often used in the
penumbra measurements of MV radiation beams, for routine QA in IMRT, or for in
vivo measurements of entrance and exit doses to verify treatment delivery [24–27].
Indeed, the extremely thin sensitive volume (about 1 µm) and small physical size
of the MOSFET detector has ushered in a new era in super spatial resolution, one
which is of particular importance not only for advanced conformal treatments but also
for dosimetry in the newly developing field of microbeam radiation therapy (MRT)
[28–31]. However, with each detector in question having an atomic number of Z = 14,
the enhanced sensitivity at photon energies less than 150 keV (due to the increasing
photoelectric cross-section compared to water) will result in their dose response to vary
with x-ray beam energy.∗ And since they are calibrated at a specified beam quality
but utilised over a much wider energy range [32], the variation results in the need for
their energy dependent correction in x-ray therapy, reducing dosimetric accuracy as a
result.
To remove the need for energy dependent correction, solid state dosimeters made of
a tissue equivalent material (at least in terms of atomic composition, where Zeff = 7.35
for soft tissue) are required. LiF TLDs (Zeff = 8.2), radiochromic film (Zeff = 6.2),
Alanine/EPR dosimeters (Zeff = 6.2), and Frike gel dosimeters (Zeff = 7.4) somewhat
foot this bill, but their delayed passive readout reduces their scope for real-time application — both in vivo and as a pre-treatment quality assurance check [13, 33–39].
As such, it is the primary objective of this research thesis to investigate the online
response of novel detectors made of diamond and carbon nanotubes (each with Z = 6)
irradiated under therapeutic electron and x-ray beams in order to evaluate their possible clinical application as high-resolution real-time tissue-equivalent medical radiation
dosimeters.
∗

The size and type of materials used in the construction of the detector will also contribute to the
energy dependence.
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With their small physical size (a sensitive volume only slightly larger than silicon [40]) and energy independence [21, 41], the use of diamonds as an alternative to
diodes and MOSFETS is nothing new in the real-time measurement of dose in the small
radiation fields and steep dose gradients of IMRT and stereotactic radiosurgery [24].
However, they do have some disadvantages including a sublinear dose-rate dependence
and the requirement of a priming dose which limits their usefulness in vivo [42,43]. As
such, the discovery of carbon nanotubes (‘rolled up’ tubules of graphene with diameters as small as 0.4 nm and lengths as large as several micrometers) with their unique
electrical and mechanical properties provides great potential for the development of a
new brand of tissue equivalent radiation dosimeter, one that might negate diamond’s
deficiencies. However, with most of the experimental works to date focused on the
photoconductive response of carboon nanotube (CNT) based sensors under optical
illumination (from UV to IR) [44–54], or on the irradiation damage induced in individual tubes and fabricated devices [55–57, 57, 57–59, 59–62, 62–78], the study of the
real-time response of CNT-based detectors for dosimetric purposes is severely lacking
within the scientific fraternity — a matter which this thesis will address.
By extension of their optical sensing capabilities, it is no mean stretch to suspect that CNT-based detectors can be equally effective in the real-time detection and
measurement of high energy ionising radiation for use in medical radiation dosimetry. Indeed, preliminary results of a CNT field effect transistor designed on this
premise (operation is analogous to a MOSFET) have shown great promise for use in
high-resolution real-time dose measurements due to the transistors excellent radiation
hardness and sensitivity [71]. However, such devices have a very poor reproducibility
and their fabrication techniques are not yet scalable for mass production [79, 80]. Fortunately, the effects that result from variations in nanotube quality may be suppressed
by the ensemble averaging of a large number of tubes in thin CNT film designs, their
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ease of fabrication showing great promise for large-scale mass production at low cost
and high efficiency [81, 82]. As such, two types of thin CNT film detector design will
be tested for the purposes of this research, along with a novel diamond detector design to round off the thesis’ theme of tissue equivalence. Specifically, the detectors
investigated will be:
i. FlexDosTM ; a US patented thin CNT-film detector manufactured by ARTsensing
Inc. [83,84]. With a design based on percolation theory [79], it’s operation relies
on a change in the film’s electrical conductivity during irradiation to measure
the dose response.
ii. Buckypaper; A freestanding CNT film (which is just a bulk variant of the FlexDos design) whose response under therapeutic irradiation is yet to be fully investigated in the literature. And,
iii. Boron implanted single crystal CVD diamond; designed and fabricated by the
University of Melbourne in collaboration with CMRP, the boron dopant gives
rise to a highly conductive thin graphitised diamond layer at the depth of the
Bragg peak. This produces an extremely thin sensitive volume (∼ 1.5 µm) which
provides the potential for its use in MRT
Detailed descriptions of each detector described above are presented in Chp’s. 5 – 7. In
particular, the dosimetric properties of the boron implanted diamond detector will be
tested under conventional x-ray beams in order to assess its online dosimetric functionality before further characterisation measurements are performed under intensive
synchrotron generated x-rays at the European Synchrotron Radiation Facility (ESRF)
in France. This includes investigating its stability, repeatability, bias dependence,
sensitivity, dose-rate dependence, and energy dependence. Regarding the FlexDos
detector, which claims to be the world’s first flexible dosimeter with the ability to
conform to complex bodily structures [84], the device will be characterised under ther-
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apeutic electron and x-ray beams (including its dose, dose-rate, bias, depth and energy
dependence) in order to verify results obtained by the inventors Ma and Yeow [83].
Lastly, the buckypaper design will be investigated for its potential to produce a measurable response during irradiation. By providing the background, knowledge and
characterisation measurements necessary, the aim is to be able to correctly interpret
the physics behind the results for each detector type, thus allowing for their optimal
design in any future research work.

1.4

Thesis Outline

Radiation dosimetry is a term repeatedly used throughout this thesis, and so an introduction to the concept is provided in Chapter 2. Chapter 3 then applies the concept
to the measurement of absorbed dose in tissue via the theoretical study of air-filled
ionisation chambers and diamond detectors. The latter in particular provides the
information necessary to explain the physical response of the boron implanted diamond under x-ray irradiation. In order to physically interpret the online response
of the CNT based detectors, whose sensing component is a novel material for the
application of radiation detection, a comprehensive summary on its latest scientific
literature is afforded in Chapter 4. Chapters 5 through 7 are then used to detail the
physical measurements performed on each of the tissue-equivalent detectors investigated — including the boron implanted single crystal CVD diamond, FlexDosTM and
SWCNT buckypaper — dedicating a chapter to each detector type in order to record
and discuss the results obtained.

Chapter 2
Fundamentals of Medical Radiation
Dosimetry
2.1

Introduction

In the previous chapter we learnt that the primary objective of this thesis is to explore the online response of novel detectors made of diamond and carbon nanotubes
irradiated under therapeutic x-ray and electron beams in order to evaluate their possible clinical application as high-resolution real-time tissue-equivalent medical radiation
dosimeters for use in both pre-treatment quality assurance and in vivo patient dosimetry. Of course, relating the detector response to the absorbed dose in water often far
exceeds the difficulty of the measurement itself, requiring a thorough understanding
of the dosimetric principles involved. As such the purpose of this chapter is to provide an overview of the basic concepts of radiation dosimetry, with specific reference
made to ICRU Report 60 which details the fundamental quantities and units used [85].
To begin the chapter however, a review of the science of radiological physics will be
presented in order to introduce the necessary background subject matter.
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Radiological Physics

Radiological physics details how ionising radiation interacts with matter [12]. A direct result of the interaction process is the excitation and ionisation of the absorbing
materials constituent atoms and molecules:
 Excitation is the process whereby an orbital electron is temporarily elevated to

a higher energy level in the atomic shell structure. The electron will then return
to a lower energy level (de-excite) with the emission of the excitation energy
in the form of characteristic x-rays, Auger electrons, or more likely, through
radiationless mechanisms which generate heat [86].
 Ionisation is the process by which one or more bound electrons are liberated from

the atom, the result of which is an ion pair consisting of the ejected electron and
the positively charged atom.
Since the minimum energy required for the least tightly bound electron to escape
the attractive potential (the binding energy) of an atom is of the order of 4 – 25 eV,
radiations must carry kinetic or quantum energies in excess of this magnitude to be
called ionising [87]. However, the difference between ionisation and excitation becomes
blurred in condensed phases of matter due to the formation of bound electronic states
with a distribution of energies, known as energy bands. As such, a threshold value is
often adopted, below which charged particles are not considered to be ionising. The
choice of the energy threshold depends on the application, with 10 eV often used as
the energy cut-off for radiobiological means [88].
For practical purposes, ionising radiation is generally distinguished by its penetrating ability [12]. As a direct consequence, the marginally ionising ultra-violet electromagnetic radiation (λ ∼ 40 – 400 nm) is not considered in the context of radiological
physics since the quanta are even less capable of penetrating through matter than that

2.2. Radiological Physics

17

of visible light [89]. The most important and well-known types of ionising radiation
to consider are:
1. Directly ionising radiation — Energetic charged particles which deposit their energy through many small but direct Coulomb-force interactions with the orbital electrons of atoms along the particle’s track. Includes electrons and heavy
charged particles such as pions, protons, alpha particles and the nuclei of heavier
atoms.
2. Indirectly ionising radiation — Uncharged particles which first transfer their energy to charged particles in a relatively few large ‘catastrophic’ interactions. The
resulting fast charged particles then in turn deliver the energy to the matter via
direct interactions as detailed above. Includes γ-rays, x-rays and neutrons.
The end result from the subsequent interaction of any kind of ionising radiation, be it
direct or indirect (photons release electrons or positrons, neutrons release protons or
heavier ions), is the production of large numbers of secondary electrons which can have
unique damaging effects upon the irradiated material. For instance, a total body dose
of 5 Gy would prove fatal in about 50 % of human cases not because of the associated
temperature rise (equating to ∼ 0.001  throughout the body) but rather because of
the cell death produced by large numbers of secondary electrons interacting with the
DNA of cell nuclei via [1]:
i. Direct action — atoms of the DNA molecule itself are excited or ionised by energetic charged particles, leading to a chain of chemical events that breaks the
DNA strand. Or;
ii. Indirect action — free radicals formed by ionisation outside the DNA molecule
diffuse within the cell nucleus to produce the chemical changes that break the
DNA strand.
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If two double strand breaks (DSBs) occur within four base pairs of each other, the
likelihood of cell repair is small, and cell death results [7]. But such radio-biological
study lies beyond the scope of this research thesis. Instead, with a focus on generating a response from tissue-equivalent detectors irradiated with therapeutic x-ray and
electron beams, we need to concentrate our efforts first on understanding the basic
interactions of photons and electrons in matter.

2.2.1

Photon interactions in matter

When a photon (x-ray or γ-ray) traverses matter, it may undergo ‘catastrophic’ interactions (be it scattered or absorbed) with the atomic nuclei and orbital electrons,
or simply penetrate unaffected. The probability that the incident photon interacts
somewhere within a unit area is given by the atomic cross section σa . It represents the
area that an interaction center (an electron or nucleus) presents to the photon, and
is measured in units of cm2 . If the photon is incident on this region, an interaction
will occur. At the photon energies used in radiotherapy, three important interaction processes preside: photoelectric absorption (PE), Compton scattering (C), and
electron-positron pair production (PP). As such, the total atomic cross section per
atom is given by:∗
σa = σPE + σaC + σPP

(2.1)

When multiplied by the number of atoms per unit volume, the linear attenuation
coefficient µ is obtained. That is:
µ=

∗

ρNA
σa
A

(2.2)

Complete models of photon transport must take into account the role of Rayleigh (coherent) scattering
given the direction of the incident photon is changed even if no energy transfer occurs.
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where NA is Avogadro’s number and A is the atomic mass number of the attenuating
material. Usually measured in units of cm−1 , its value represents the fraction of photons removed from a monoenergetic beam per unit thickness of travel in the absorber
material. Indeed, if we consider a thin monoenergetic photon beam passing through a
material of thickness x, the intensity I(x) is given by:
I (x) = I0 e−µx

(2.3)

where I0 is the original intensity of the photon beam and µ depends on the incident
photon energy Eph as well as the density ρ and atomic composition of the medium in
which it interacts (through the atomic number Z). To make µ a measure independent
of the material density (and thus the physical state), the concept of mass attenuation
is introduced:
NA
µ
=
σa
ρ
A

(2.4)

and is measured in units of cm2 /g. Substitution of Eq. 2.1 into Eq. 2.4 yields:
τ
σC κ
µ
= +
+
ρ
ρ
ρ
ρ

(2.5)

where the mass attenuation coefficient components refer to those of the photoelectric
effect, Compton scattering, and pair production respectively. A brief physical description of these interaction processes is provided below. It should be noted that at
energies above about 7 MeV, photonuclear interactions in which the incident photon
excites a nucleus before emitting a proton or neutron may result. At typical energies
used in radiotherapy however, the probability of such a reaction is so small that it
may be neglected for dose calculation purposes [90], although the neutron production
can pose special problems in terms of radiation-protection [12].
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Figure 2.1: Relative predominance of the three main processes of photon interaction with
an absorber atom (reproduced from Knoll 1999 [86]). The curves show the
values of Z and Eph for which two neighbouring effects are equal.

Photoelectric absorption
In the photoelectric process, an incident photon of energy hν (where h is Planck’s
constant and ν is the photon frequency) is absorbed by an atom resulting in the
ejection of a bound electron from its electronic shell. The liberated electron receives
almost all of the photon energy, emerging with a kinetic energy:
Ek = hν − Eb

(2.6)

where Eb is the binding energy of the orbital electron. The ejected electron is most
likely one whose binding energy is closest to, but less than, the incident photon energy.
As such, photoelectric absorption is most likely to occur with a K-shell electron in
therapeutic photon beams. The vacancy that is created in the electron shell as a
result of the photoelectric emission leaves the atom in an excited state. As the atom
returns to the ground state through electron rearrangement, the binding energy is
liberated in the form of characteristic x-rays or Auger electrons. However, for low
atomic number elements in tissue, this energy difference is so small (for oxygen it is
0.543 keV [91]) that the characteristic radiation is usually absorbed locally by closely
neighbouring atoms [7].
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The photoelectric process is the predominant mode of interaction for photons of
relatively low energy, particularly for high Z materials. In water, this corresponds to
photon energies below about 26 keV [87]. No single analytical expression is valid for
the probability of photoelectric absorption, but for low atomic materials (Z ≤ 15), the
photoelectric component of the cross section σPE roughly follows the proportionate
relationship [86]:
σPE ∝

Z3
3
Eph

(2.7)

Recalling Eq. 2.4, the mass attenuation coefficient component is written as:
Z3
Z2
τ
∝
∝
3
3
ρ
AEph
Eph

(2.8)

The last term can be written as such given Z/A ≈ 0.5 for all elements and compounds
in tissue (with the one notable exception of hydrogen for which Z/A = 1).

Compton scattering
Compton (incoherent) scattering is the most important photon interaction at the beam
energies used for therapeutic application. In fact, from 200 keV to 2 MeV it is the only
interaction of real importance in soft tissue [7], and continues to predominate in the
energy range between 26 keV and approximately 30 MeV [87]. During the scattering
process, an incident photon of energy Eph = hν, interacts with an essentially unbound
outer shell orbital electron. The electron is then ejected from the atom as a recoil
(Compton) electron with kinetic energy Ek , and the primary photon is scattered with
energy:
0
Eph
= hν − Ek

(2.9)
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Maximum energy is transferred when the incident photon makes a head-on collision
with the Compton electron and is back scattered through 180°. Following the scattering event the liberated electron will continue on to lose its kinetic energy via excitation
and ionisation of the atoms along its path whilst the Compton scattered photon may
traverse the medium with or without further interaction.

Figure 2.2: Schematic diagram of Compton scattering where θ and φ represent the scattering angle of the incident photon and recoil electron respectively (reproduced
from Podgorsak 2005 [88]).

The angular distribution of Compton scattered photons interacting with an electron
at rest is predicted by the Klein-Nishina equation for the differential electron cross
section [86]:

2 


dσeC
1
2
2
= r0 1 + cos θ
1+
dΩ
1 +  (1 − cos θ)

2 (1 − cos θ)2
(1 +  {1 − cos θ}) (1 + cos2 θ)


(2.10)

where the subscript e is used to indicate the cross section per electron, θ is the scattering angle of the incident photon,  = Eph /m2e , me is the rest mass of an electron,
and r0 is the classical electron radius (2.818 fm). The electron density is of course a
factor Z higher than the density of atoms, so we can write for the differential atomic
cross section:
dσaC
dσ C
=Z e
dΩ
dΩ

(2.11)
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The resulting angular distribution of Compton scattered photons as a function of incident photon energy is shown graphically in Fig. 2.3. This figure clearly illustrates
that Compton photons are scattered more toward the forward direction as the incident photon energy increases. In fact, as the incident photon energy increases, recoil
electrons are scattered more toward the forward direction also [18]. Solving for the
total cross section per atom, the following proportional relationship is found [7]:
σaC

Z
=Z
Ω

dσe
Z
dΩ ∝ p
dΩ
Eph

(2.12)

Recalling Eq. 2.4, the mass attenuation coefficient component is written as:
Z
σC
∝ p
ρ
A Eph

(2.13)

So, the probability of Compton scattering per unit mass is proportional to the number
of electrons per unit mass (NA Z/A) and inversely proportional to the square root
of the energy. And since the number of electrons/g is approximately constant in any
given medium, the probability of Compton scattering per unit volume is approximately
proportional to the density of the material.∗

Electron-positron pair production
In pair production a photon passes near the nucleus of an atom where its energy
is transformed into an electron-positron pair. To be energetically possible, the incident photon energy must exceed twice the rest-mass of an electron (i.e., 1.022 MeV).
The excess energy of the photon (hν - 1.022 MeV) is shared between the electron and
positron as kinetic energy, the likes of which is lost via subsequent excitations and
ionisations. When the positron nears the end of its path it combines with an electron
∗

Compared to other elements, the absence of neutrons in the hydrogen atom results in an approximate
doubling of electron density. Thus hydrogenous materials have a higher probability of Compton
scattering than a non-hydrogenous material of equal mass.
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Figure 2.3: The normalised angular distribution of Compton scattered photons (incident
from the left) calculated from the Klein-Nishina cross-section formula (reproduced from Nettelbeck 2009 [92]). The curves shown are for the indicated initial
energies.

and they undergo annihilation to produce two 0.511 MeV γ-rays that are emitted in
directions opposite to one another.
The probability for pair production is zero for photon energies below the threshold
energy and increases rapidly with photon energy above the threshold. In fact, the
atomic cross-section for pair production σPP varies approximately as [7]:
σPP ∝ Z 2 log (Eph )

(2.14)

And recalling Eq. 2.4, the mass attenuation coefficient component is written as:
Z2
κ
∝
log (Eph )
ρ
A

(2.15)

which gives a dependence on Z, since Z/A is approximately constant. It follows
that a high-energy beam is less penetrating than a low-energy beam when the main
attenuation process is pair production.
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Figure 2.4: Mass attenuation coefficients for photons as a function of energy in water
(adapted from [93]). Shown are the components due to Rayleigh scattering,
the photoelectric effect, Compton scattering, and pair production.

2.2.2

Electron interactions in matter

Unlike photons which lose their energy in a few ‘catastrophic’ interactions as they traverse matter, energetic electrons with energy Ek suffer a vast number of Coulomb interactions with bound orbital electrons (collisional processes) and atomic nuclei (radiative
processes) so that their kinetic energy decreases practically continuously through many
small energy losses [18]. In particular, given the incident electron is of equal mass with
those bound by the atom, the energy transfer per interaction allows for large angle
scattering in any single collisional or radiative process, with a net angular deflection
per unit mass proportional to Z/Ek2 [7].
Collisional processes
The impulse felt by orbital electrons as the energetic electron passes its vicinity generates heat within the absorbing medium through excitation and ionisation of the
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medium’s constituent atoms. Those ionised electrons, in turn, cause additional excitations and ionisations as they very quickly slow down to energies below the threshold
required to produce electronic transitions.∗
Approximately 70 % of electron energy deposition results from nonionising excitation [87]. So whilst the smallest binding energies for electrons in carbon, nitrogen and
oxygen are less than 10 eV, the average energy deposited per ion pair produced in air
(mostly nitrogen and oxygen) or soft tissue (mostly hydrogen, carbon, and oxygen) is
approximately 34 eV and 22 eV respectively — the energy difference being the result of
the excitation process. If we consider water in particular, a surrogate for soft tissue
in the clinical determination of absorbed dose, the 30 % of primary energy deposition
that does result in ionisation tends to generate secondary electrons with initial energies
less than 70 eV [90]. The small range of such particles then allows the assumption of
local energy deposition. However, head-on collisions may result in energy transfers as
large as half of the incident electron energy, thereby producing a few δ-rays with a
significant separate track structure.

Radiative processes
Alternately, if the incident electron passes close to an atomic nuclei, the attractive
electromagnetic force of the positively charged nucleus sends the electron in a partial
orbit around it along with the emission of a bremsstrahlung x-ray photon in order to
conserve energy. As such, radiative energies between zero and the incident electron
kinetic energy are possible, but such energy losses represent only a small fraction of
the total energy losses for electrons passing through low Z materials like water.

∗

Liberated electrons (as a result charged particle collisional interactions) that possess sufficient energy
to produce secondary ionisations are called delta rays, or δ-rays.
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With a greater understanding of how photons and electrons interact in matter garnered from the review above, a summary of the most important quantities used in
the dosimetry of ionising radiation will now be presented. These include radiometric quantities associated with measurements of the radiation field, interaction coefficients associated with measurements of the energy transfer of radiation in matter, and
dosimetric quantities associated with the products of the quantities described in the
aforementioned categories [85]. In particular, it is the principle of absorbed dose to
water which is the determinate on which the novel carbon detectors investigated in
this thesis will be evaluated.

2.3

Radiometric Quantities

Radiometry deals with the detection and measurement of radiant electromagnetic
energy [85]. In order to describe an ionising radiation field at some point P , we need
to associate a non-zero volume with that point so that there is some cross-sectional
area with which the rays (be it photons or electrons) can enter and interact. The
simplest such volume is a sphere centered at P , as shown in Fig. 2.5, which has the
advantage of presenting the same cross-sectional target area ∆a to rays incident from
all directions [12]. The number of rays ∆N that penetrate this hypothetical sphere
during some extended time interval then defines the fluence Φ at the point P . That
is:
dN
∆N
=
∆a→0 ∆a
da

Φ = lim

(2.16)

A non-stochastic quantity expressed in units of m−2 or cm−2 , the limiting process in the
fluence definition extrapolates the conceptual values of ∆N /∆a for which statistical
fluctuations in ∆N caused by the stochastic nature of the radiation field itself are
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negligible [94].∗

Figure 2.5: Illustration of the definition of fluence at a point P (reproduced from Bos
2011 [94]). One counts the number of rays ∆N that traverse the sphere in all
directions within a specified time period ∆t.

If we take the time derivative of the fluence, the flux at the point P is then obtained,
and is measured in units of m−2 s−1 or cm−2 s−1 . That is:
dΦ
d
ϕ=
=
dt
dt



dN
da


(2.17)

Given most radiation interactions are dependent upon the energy of the ray as well
as its type, a more complete description of the field is often required. In practice, this
usually involves measuring the fluence (or flux) as a function of the kinetic or quantum
energy E, thus obtaining the particle fluence spectrum ΦE (E). The convention is to
write this fluence distribution as a differential in energy [12], that is:
ΦE (E) =

dΦ
dE

(2.18)

Typically expressed in units of m−2 J−1 , integration over all energies of the rays present
gives the total fluence, i.e.:
Z
Φ=

Emax

ΦE (E) dE

(2.19)

0
∗

A non-stochastic quantity has a unique value defined for infinitesimal domains, while the values of
a stochastic quantity vary discontinuously with space and time and are defined for finite domains
only [12].
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The final radiometric quantity of importance is the energy fluence Ψ which takes
into account the total radiant energy R incident on the hypothetical sphere of crosssectional area da. Measured in units of J/m2 , it is defined by the expression:
Ψ=

dR
da

(2.20)

Taking the time-derivative of the energy fluence then gives the energy flux, also known
as the beam intensity I. For the special case where only a single energy E of rays is
present, R = EN , and we obtain:
Ψ=EΦ

(2.21)

For polyenergetic beams with an energy fluence spectrum ΨE (E) = E ΦE (E), the
corresponding integral is required. That is:
Z

Emax

ΨE (E) dE

Ψ=

(2.22)

0

2.4

Interaction Coefficients

Interaction coefficients are non-stochastic quantities which characterise the interactions between ionising radiation and matter [94]. Given each interaction process is
distinctive for a specified radiation (type and energy) and target entity (electron, nucleus, or atom), we make a clear distinction between indirectly (photons) and directly
ionising (electrons) radiation in their definition.

2.4.1

Photon interaction coefficients

The total mass attenuation coefficient for x-rays and γ-rays is the sum of the mass
attenuation coefficients for the individual interactions, as given by Eq. 2.5. Although
this provides the user with the total probability of photon scatter in matter, it is rather
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the actual transfer of photon energy to the kinetic energy of electrons and positrons
released or created in the absorbing medium that needs to be determined for the
purpose of measuring the radiation dose. If E tr is the mean energy transferred from
an incident photon with energy hν, then the mass energy transfer coefficient can be
defined as:
µtr
µ E tr
=
ρ
ρ hν

=

σC κ
τ
+
+
ρ
ρ
ρ
PE



C

E tr
hν
PP

τ E tr
σC E tr
κ E tr
=
+
+
ρ hν
ρ hν
ρ hν
τ
=
ρ







X PE
σC
hν 0 + X C
κ
2 m e c2
1−
+
1−
+
1−
hν
ρ
hν
ρ
hν

(2.23)

Where X PE and X C are the mean characteristic x-ray energies emitted per photon
undergoing photoelectric absorption and Compton scattering respectively, hν 0 is the
mean energy of the Compton scattered photon, and 2 me c2 is the energy emitted as
annihilation radiation per photon undergoing pair production. Of course, all the energy
transferred to the kinetic energy of charged particles is not necessarily absorbed by
the irradiated material as a fraction g of the secondary electron energy is converted to
bremsstrahlung radiation. It follows then that the quantity of importance is the mass
energy absorption coefficient, typically measured in the units of cm2 g−1 , and defined
as:
µtr
µen
=
(1 − g)
ρ
ρ

(2.24)

For biological materials, and at typical energies found in radiotherapy, this fraction g
is only small (< 1 %) but can be appreciable at higher energies or in materials of high
atomic number.
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The relation between the different interaction coefficients defined above is schematically shown in Fig. 2.6. When photons interact with matter, some of the transferred
energy will be emitted as characteristic radiation, Compton scattered radiation, annihilation radiation, and bremsstrahlung. The energy left is deposited along secondary
electron tracks as excitation and ionisation of the absorbing mediums constituent
atoms.

Figure 2.6: Schematic of the events that determine the mass energy absorption coefficient
µen /ρ (reproduced from Bos 2011 [94]).

2.4.2

Electron interaction coefficients

The behaviour of charged particles in an absorbing medium can be best described by
the stopping power S, defined as the average rate of kinetic energy loss dEk per unit
path length dx. That is:
S=

dEk
dx

(2.25)

and is expressed in units of MeV/cm. Division by the density of the absorbing medium
then gives the mass stopping power (MeV · cm2 /g), practically eliminating the quantities dependence on the physical state of the absorbing medium.

2.4. Interaction Coefficients

32

A widely used quantity in radiation dosimetry, the stopping power is rarely measured and must be calculated from theory. For electrons and positrons the Bethe
theory is used [18], in which the stopping power consists of two components:
i. The collision stopping power — the most important mechanism of energy loss in
biological tissue under therapeutic irradiation, it results from the inelastic interaction of energetic electrons with bound orbital electrons (to create excitation
and ionisation), as governed by the equation [95]:
1
Scol
=−
ρ
ρ



dEk
dx


(2.26)
col



2πre2 me c2 NA Z
Ek2 (τ + 2)
−
+ F (β) − δ
=
ln
β 2A
2I 2

(2.27)

Where Z and A are the atomic number and mass number of the absorbing
medium respectively, re is the classical electron radius, me is the rest mass of an
electron, NA is Avogadro’s constant, β is the speed of the electron relative to
light c, I is the geometric mean ionisation potential of the medium, τ is the ratio
of electron kinetic energy to rest mass energy, δ is the density effect correction
factor,∗ and:
F − (β) = 1 − β 2



1 + τ 2 /8 − (2τ + 1) ln2

(2.28)

Since the ratio Z/A is relatively constant, slowly decreasing from 0.5 for low Z
elements to 0.4 for high Z elements [18], the mass collision stopping power is not
very material dependent.
∗

As incident energy increases in the relativistic range, the effective Coulomb force exerted on a charged
particle by atomic electrons distant from the particle track is reduced as a result of the polarisation
its travel induces in the medium [7]. This screening effect is greater in materials of higher density,
requiring the density effect correction factor δ to account for the reduction in mass collision stopping
power that results. In particular, it plays a significant role in dosimetric accuracy where the ratio
values of the stopping power of water (a dense material) to air (a non-dense material) are needed [96].

For positrons, F − (β) is replaced with F + (β) to compensate for the fact the mass stopping power is
greater at low energies (< 0.1 MeV) due to the additional mechanism of in-flight annihilation [90].
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ii. The radiative stopping power — results from the inelastic interactions of energetic electrons with atomic nuclei (bremsstrahlung production), and is given
by [95]:
1
Srad
=−
ρ
ρ
=



dEk
dx


(2.29)
rad


αre2 NA Z 2
Ek + me c2 Br
A

(2.30)

where α is the fine structure constant and Br is a function of Z and the total
energy of the electron E, varying between 5.33 and 15 in water for energies
in the range from the classical regime to 100 MeV respectively [96]. The Z
dependence (by virtue that Z/A is approximately constant) makes this mode of
energy loss more prominent in high Z materials. Thus, for electrons of a given
energy, bremsstrahlung production will be considerably greater in lead than in
water. Indeed, at typical therapeutic energies, the radiative losses account only
for a small fraction of the total energy losses in soft tissue and air as previously
discussed.
The total mass stopping power (S/ρ)tot is then given by the sum of the collisional and
radiative energy losses:
Stot
Scol Srad
=
+
ρ
ρ
ρ

(2.31)

Linear energy transfer
For dosimetric purposes, the kinetic energy given to δ-rays that have a significant
range should not be counted as they will not deposit their energy locally. For this
reason we introduce the concept of linear energy transfer (LET), which focuses on the
rate of energy absorption along the charged particle’s track, as opposed to the rate of
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energy loss as governed by the stopping power. Defined as:

L∆ =

dEk
dx


(2.32)
∆

it is simply a restricted stopping power which takes into account that fraction of the
collisional stopping power whose δ-rays have energies less than the cut-off value ∆.
For electrons in water, ∆ is typically set at 100 keV since their corresponding range
is less than 0.15 mm [7].

Figure 2.7: Graphical representation of the mass collision stopping power (light solid
curves) and mass radiation stopping power (heavy solid curves) for electrons
in water, aluminum and lead (reproduced from Podgorsak 2010 [18]). Close
inspection shows the reduced value of Scol /ρ for lead is because of its lower
Z/A, whilst the increased value of Srad /ρ for lead is because of its higher Z.
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Dosimetric Quantities

Having discussed how the effects of radiation in matter depend on both the radiometric and interaction quantities,∗ we will now define two non-stochastic dosimetric
quantities that are, in essence, calculated products of the quantities described in the
aforementioned categories. Namely, these quantities are the kerma K and absorbed
dose D.

2.5.1

Kerma

Kerma is an acronym for the kinetic energy released per unit mass. Applicable to
indirectly ionising radiations such as photons, it quantifies the average amount of
energy transferred dE tr to all charged particles liberated in the absorbing medium per
unit mass dm [85]. Expressed in units of J/kg known as Gray (Gy), it is defined at a
point P as:
K=

dE tr
dm

(2.33)

where the quantity dE tr includes the kinetic energy of any Auger electrons subsequently produced [94]. In particular, for monoenergetic photons with incident energy
E, the total kerma at a point in some medium (m) is related to the energy fluence
Ψ = E Φ in that said medium by the equation:

Km = E Φm

µtr
ρ


(2.34)
m

where (µtr /ρ)m is the mass energy transfer coefficient of the medium at the photon
energy in question.
∗

To obtain the respective value of the interaction coefficient in question, the reader is referred to the
National Institute of Standards and Technology [97].

We note that the kerma is always made in relation to a material, so it makes only sense to speak
about kerma if we specify the material in question. For example, the air kerma.
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The energy transferred to the liberated electrons (and positrons if the energy is
high enough) can be expended by collisional or radiative means. If a charged particle
does lose some kinetic energy by producing a bremsstrahlung x-ray that escapes from
the mass dm, this escape will not influence the value of K nor will it contribute to the
locally absorbed dose. Due to the latter effect, we divide the kerma into its collisional
and radiative energy loss components to give:
K = Kcol + Krad

=K

µen
µtr





µen
+K 1−
µtr

(2.35)

= K (1 − g) + K g

(2.36)

where g is that fraction of secondary charged particle energy converted to bremsstrahlung
radiation, significant only at high electron energies. It follows then that if dE en is the
mean amount of energy absorbed by the irradiated material due to the production of
charged particles that dissipate their energy as excitation and ionisation in or near the
charged particle tracks:
dE en
K=
+
dm



dE tr dE en
−
dm
dm


(2.37)

And for a monoenergetic photon beam, this relation simplifies to:

Km = E Φm

µen
ρ




+ E Φm
m

µtr µen
−
ρ
ρ


(2.38)
m

remembering the first term is Kcol and the far right term is Krad .
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Absorbed dose

The absorbed dose D is the quantity of most interest to this thesis and can best be
described in terms of the mean energy imparted  to matter by ionising radiation,
and delivered by the liberated secondary charged particles. Specifically,  equals the
difference in the radiant energy R entering and exiting a given volume V , taking into
P ∗
account any net mass-energy conversion within that volume
Q. That is:
 = (Rin )p − (Rout )p + (Rin )c − (Rout )c +

X

Q

(2.39)

where the subscripts p and c stand for photons and charged particles respectively. The
absorbed dose D at any point in V is then defined as:
D=

d
dm

(2.40)

and is measured in the units of Gy. We note that like kerma the absorbed dose is always
made in relation to a material, so it makes only sense to speak about an absorbed dose
if we specify the material in question. For example, the absorbed dose to water.

Calculation of absorbed dose: photons
Because charged particles liberated by photon interactions travel in the medium and
deposit energy along their tracks, this absorption of energy does not take place at the
same location as the transfer of energy described by the kerma quantity. To overcome
this problem, it is beneficial to create a situation known as charged particle equilibrium
(CPE), whereby the energy carried in and out of the volume by charged particles is
equal over the same period of time [12].

∗

For example, pair production decreases the energy by 1.022 MeV within the sensitive volume while
electron-positron annihilation increases the energy by the same amount.
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When determining the energy imparted by liberated electrons (and positrons if the
energy is high enough) in a small volume V due to a uniform irradiation of photons,
the surrounding material is going to have a direct influence. The size of this sphere of
influence O is determined by the maximum range of the secondary electrons produced,
and CPE is said to exist in the given volume V if the following conditions are satisfied
throughout the volume O [12]:
i. The atomic composition and density of the medium is homogeneous,
ii. The irradiation is uniform i.e., there is no attenuation of the indirectly ionising
radiation field. And
iii. The specified volume V is not so small that it contains significant statistical
fluctuations in the number of charged particles imparting their energy.∗
As such, CPE will generally exist in a uniform medium at points which lie more than
the maximum range of the secondary electrons from the boundaries of the medium.
In such cases, (Rin )c is equal to (Rout )c and Eq. 2.39 simplifies to:
 = (Rin )p − (Rout )p +

X

Q

(2.41)

If the volume V is small enough to allow bremsstrahlung x-rays to escape, the above
equation then represents the mean amount of energy transferred to charged particles
that is subsequently dissipated as excitation and ionisation in or near the charged
particle tracks. For the infinitesimal volumes of absorbed dose and kerma, this means:
CPE

D = Kcol

(2.42)

and thus the absorbed dose at a point in some medium (m) is equal to the collisional
kerma during states of CPE. This is a very important relationship, as it equates the
measurable quantity D with the calculable quantity Kcol . For example, referring to
∗

The determination of energy spent in microscopic volumes is of particular interest in microdosimetry.

2.5. Dosimetric Quantities

39

Eq. 2.38, the dose for a monoenergetic photon beam under CPE is given by:


CPE

D m = E Φm

µen
ρ


(2.43)
m

For the more general case of a polyenergetic beam with an energy fluence spectrum
ΨE (E) = E ΦE (E), the absorbed dose can be evaluated from a formally similar relation:
CPE

Emax

Z


E ΦE, m (E)

Dm =

0

µen
ρ




dE = Ψm

m

µen
ρ


(2.44)
m

where the mass energy absorption coefficient for the medium is averaged over the
energy fluence spectrum in question.
Once the absorbed dose to a reference material (ref) is known one is often interested
in the value of the absorbed dose if the reference material is replaced by another
medium (med) of different atomic composition. The relation can be found with the
aid of Eq. 2.44:
CPE

Dmed =

(µen /ρ)med
Dref = (µen /ρ)med
ref Dref
(µen /ρ)ref

(2.45)

given the energy fluence can be considered equal for an identical irradiation under CPE
conditions [12]. Evidently, the dose will be higher in the material where the spectrum
averaged mass energy absorption coefficient is higher, as shown in Fig. 2.8.

Transient charged particle equilibrium
CPE will generally not exist near the interface between two dissimilar media since
the number of charged particles then arriving in the volume V will be different than
would be the case for a homogeneous medium. Indeed, a phantom medium uniformly
irradiated with a MV photon beam results in a dose build-up region beneath the surface
(responsible for the skin sparing effect, which is of great importance in the treatment
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Figure 2.8: The mass energy absorption coefficient for bone, water, soft tissue, and fat
relative to air (reproduced from Bos 2011 [94]). In the energy range where the
Compton effect is dominant the ratio is close to unity since σC /ρ is proportional
to the number of electrons per gram which itself is approximately constant in
any given medium. For the low energy region, where the photoelectric effect is
dominant, the ratio deviates strongly from unity since τ /ρ ∝ Z2eff .

of deep-seated tumours) where D is much less than Kcol , as shown in Fig. 2.9.∗
The dose deposition in a patient is a complicated process and its determination a
complex task since a photon beam propagating through a patient is not only affected
by the inverse-square law but also by attenuation of the photon beam. In fact, the
depth-dose curve reaches its maximum value at a depth dmax where the rising slope
resulting from the buildup of charged particle fluence is balanced by the reduction
in photon beam intensity (due to a combination of in-phantom attenuation and the
inverse-square law). This depth of dose maximum corresponds roughly to the range
of the secondary electrons released by photon interactions in the water, and at a
∗

In practice the surface dose is small but does not equal zero because of the electron contamination in
the beam due to photon interactions in the media upstream from the phantom as well as electrons
produced from backscattered photon interactions within the phantom itself [7].

The inverse square law (ISL) principle states radiation intensity is reduced with the square of the
distance from the point source. For x-ray tubes and linacs which produce high energy photons for
use in radiotherapy, this point source corresponds to the focal spot of the high Z target material at
which the accelerated (to relativistic energies) electron beam is aimed.
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first approximation, CPE is said to exist at this depth such that D = Kcol [96]. The
larger the photon energy, the larger the range of secondary electrons produced, and
consequently the larger the depth of the dose maximum. For instance, and with
reference to Fig. 1.2, dmax corresponds to the surface for orthovoltage (50 – 250 kVp )
x-ray beams, 0.5 cm for

60

Co γ-rays, 1.5 cm for 6 MV x-ray beams, and 2.5 cm for

10 MV x-ray beams. At greater depths, the dose decreases almost exponentially, and
the effect of the reduction in primary photon fluence becomes clear as there exists an
essentially constant difference between the collision kerma and absorbed dose in water.
Commonly referred to as transient charged particle equilibrium (TCPE), the relation
may be expressed as:
T CP E

D = βKcol = β Ψ



µen
ρ


(2.46)

where β is the quotient of absorbed dose and collision kerma at the same point, with
a value greater than 1 under TCPE conditions.

Figure 2.9: Relationship between absorbed dose D and collisional kerma Kcol in water
irradiated by a 6 MV x-ray beam (adapted from Bos 2011 [94]). As the high
energy photon beam penetrates the medium, Kcol is maximal at the surface of
the irradiated material and then falls of with depth due to photon attenuation
processes.
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Calculation of absorbed dose: electrons
The absorbed dose D in some medium (m) as a result of the collisional interactions
that result from a fluence of monoenergetic electrons Φ within that said medium is
given by:

Dm = Φm

Scol
ρ


(2.47)
m

where (Scol /ρ)m is the mass collision stopping power of the electron at energy E. In
order to be valid, such a statement requires that radiative photons escape the volume
of interest. In addition, both the mass collision stopping power and electron fluence
must be essentially constant over dm, the latter of which infers negligible electron
scatter which is an adequate approximation in thin low Z foils [12].
Practically, owing to the slowdown of the primary (or secondary in the case of
photons) electron beam within the medium, there always exists an electron fluence
spectrum that ranges in energy from Emax down to zero. If the primary electron
fluence spectrum ΦE (E) = E ΦE (E) is known, the absorbed dose at any point P in
the material can be calculated by the integral:
Z
Dm =

Emax


ΦE,m (E)

0

Scol
ρ




dE = Φm

m

S col
ρ


(2.48)
m


where S col /ρ m is the mass collision stopping power averaged over the primary electron fluence spectrum only (since the effects of the knock-on secondary electrons are
included in the stopping power definition).∗ However, use of the mass collision stopping power (rather than a restricted mass stopping power) is ascertained only if the net
kinetic energy carried out of the mass dm by δ-rays rays is negligible, either because
the thickness of the mass is large compared to the average δ-ray range or because δ-ray
∗

Because of electron scattering within the medium, the primary electron fluence spectrum at the point
of interest can not be easily determined. Thus dose calculations on the basis of electron fluence
generally require Monte Carlo radiation transport simulations for a good solution [12].
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CPE exists at the point of measurement.∗
Now to explicitly measure the absorbed dose in some medium requires insertion of
a small detector such as an ionisation chamber at the point of interest along with the
application of cavity theory, the details of which will be discussed in Chp. 3.4.1.

∗

δ-ray CPE requires that the medium and the particle fluence be homogeneous within the maximum
range of the δ-rays from the point P . In practice this assumption is usually adequately satisfied
because most δ-rays have energies less than 100 keV as a result of electron-electron collisions, resulting
in an approximate range of 0.015 g/cm2 or less in a condensed medium [12].

Chapter 3
Radiation Detectors for the
Measurement of Absorbed Dose
3.1

Introduction

In the previous chapter the most important theoretical concepts of radiation dosimetry
were reviewed based on a thorough understanding of the detailed interactions of radiation in matter. The fundamental quantity of course is the absorbed dose, defined as the
differential quotient of the mean energy imparted and the mass in which the energy is
deposited. Numerous methods (and thus detector types) exist to measure the absorbed
dose in water, as outlined in Chp. 1.2.1. Calorimetry is the conceptually simplest of all
the methods, as well as the most accurate, detecting imparted energy directly through
measurement of the temperature rise within the absorbing medium [94]. For practical
reasons however, the ionisation chamber is the most widely used type of dosimeter for
the accurate and precise dose measurements required in radiotherapy [98].
For the purposes of this thesis, diamond is most appealing since no other tissue
equivalent material is available at present to produce online dosimeters competitive
with the ionisation chamber [14]. As such, this chapter will provide a detailed discus44

3.2. Absolute and Relative Dosimetry

45

sion of the theory behind the ionisation chambers operation, followed closely by the
theory behind the use of diamond as a solid-state radiation dosimeter. In particular,
the latter will be presented to follow the thesis’ theme of tissue equivalence, providing
the information necessary to explain the physical response of the boron implanted
single crystal diamond detector under x-ray irradiation, as undertaken in Chp. 5. It
also provide a reference backdrop from which the physical response of a thin CNTfilm under therapeutic irradiation can be explored and understood, an aspect further
developed in Chp. 4. But before these matters are to be investigated, the concept
of absolute (reference) and relative dosimetry must be explained first followed by a
summary of the properties characterising the ideal dosimeter.

3.2

Absolute and Relative Dosimetry

Absolute measures of absorbed dose are based on first principles, with ionisation chambers providing the primary standard for beam calibration purposes [98],∗ relying on
strict adherence to protocols established by such organisations as the American Association of Physicists in Medicine (AAPM) and the International Atomic Energy Agency
(IAEA). Due to the calibration, one can then relate the monitor unit (MU) machine
settings to the dose at dmax in water under the reference conditions imposed [13].
Relative dosimetry accounts for all subsequent measurements which are compared
to the dose at the absolute calibration point; for example, measurement of a radiation
beam’s percentage depth dose curve, cross-beam dose profile, or field size factor [13]. It
follows then that essentially all other dosimeters used in the radiotherapy department
(such as silicon diodes, TLDs and film) require the reference dose measurement as a
comparison for individual detector calibration. Only after this calibration can such
∗

The ionisation chamber used for beam calibration must itself have a calibration factor traceable to a
National Standards Laboratory [32].
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detectors then be used for dose verification purposes both prior to treatment and invivo. In this way, everything in radiation dosimetry depends on the accuracy of the
primary standard used.

3.3

The Ideal Dosimeter

In order to be useful, radiation dosimeters must exhibit several desirable characteristics. For example, in radiotherapy, the exact knowledge of both the absorbed dose to
water at a specified point and its spatial distribution are of importance, as well as the
possibility to derive the dose to an organ of interest in the patient. In this context, the
ideal dosimeter will be characterised by a number of properties as defined below [7,12],
remembering a dosimeter can be described as any device capable of providing a response r that is a measure of the absorbed dose D deposited in its sensitive volume
V:
 Accuracy and precision: Limited by random and systematic errors, the accuracy

is the most important feature of any dosimeter as it determines its ability to
indicate the “true value” of a physical dose measurement. Precision on the other
hand is an evaluation of the dosimeters reproducibility under similar conditions,
usually stated in terms of the standard deviation around the mean value. It has
to do with the stochastic nature of radiation fields as well as the random errors
resulting from fluctuations in instrumental characteristics, ambient conditions,
etc. In the context of this thesis, two standard deviations will be used which
means that 95 % of all measurement scores will fall within the mean value ±
uncertainty (see App. A).
 Dose range: The dosimeter should be able to detect radiation from very low

doses to very high doses. The lower limit of the useful dose range (known as
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the detection limit) is usually determined by fluctuations of the background
(natural radiation and instrument noise), with three standard deviations of such
background fluctuations providing its quantitative measure. Due to inherent
factors imposed by the dosimeter itself, such as an exhaustion of the supply
of atoms being acted upon by the radiation to produce the reading, the upper
limit of the useful dose range is manifested by a decrease in the dose sensitivity
(dr/dD) to unacceptably small levels.
 Dose sensitivity: A constant dose sensitivity (dr/dD) throughout the useful

dose range to be measured provides a linear dose response (i.e., r is directly
proportional to D) that is desirable in the calibration process in order to reduce
the likelihood of propagation errors.
 Dose rate dependence: If a dosimeter is to be used for measuring the time-

integrated dose (an integral dosimeter), then it is necessary that its integrated
response is independent of the rate at which the dose is delivered, at least within
the range of dose rates to be encountered. On the other hand, real-time measuring dosimeters desire a response that is directly proportional to the dose rate
dD/dt. For the latter to be reliable, the dosimeter must be characterised by
a fast and reproducible dynamic response, with fast rise/decay times when the
beam is switched on/off.
 Energy dependence: In radiotherapy the quantity of interest is the dose to water

(or tissue). This requires the detector medium and construction to have a dose
response that is independent of the radiation beam quality with respect to the
dose recorded in water. However, as no dosimeter construction is tissue equivalent in terms of effective atomic number, the response of a dosimetry system
will generally require energy correction if it is to be used in a radiation beam of
differing quality compared to that with which it was calibrated.
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 Angular dependence: The response of the dosimeter should be independent of

the radiation beams angle of incidence. However, due to constructional details,
physical size, and the quality of the incident radiation, dosimeters usually exhibit
some angular dependence.
 Spatial resolution: Because the absorbed dose is a point quantity, the dosimeter

should allow the determination of the dose at a well-defined position in a reference
coordinate system. For example, MOSFETS and TLDs approximate a point
measurement very well whilst the point measurement is limited only by the
spatial resolution of the evaluation system for film and gel dosimeters, the likes
of which provide excellent 2-D and 3-D dose distribution information. Practically
however, the reduction in size of the sensitive volume is limited by the number of
events required to create a sufficient signal-to-noise ratio as well as the stochastic
mechanism of dose deposition at the microscopic level.
 Ease of handling: The ideal dosimeter should be simple to use, provide a stable

response with time, not be limited by measurement conditions, and be sturdy
enough for routine clinical use.
For real-time detection in highly conformal radiation fields, all these features address
towards detectors of small size, high sensitivity, re-usability (without a loss in sensitivity), rugged, fast but stable dynamic response, and tissue equivalence. Since the ideal
dosimeter does not exist, the choice of a radiation dosimeter must be made astutely,
taking into account the requirements of the measurement situation. For example, the
high resolution of silicon diodes makes them useful for real-time in-vivo verification
of surface dose, whilst the angular independence of TLDs make them useful for the
passive measurement of absorbed dose to critical organs in difficult geometries [7].
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The Ionisation Chamber

In Chp. 2.5.2, we found that absorbed dose can be calculated by the product of radiometric and interaction quantities. However, if dose is to be measured, we must
use a relationship to some quantity that instruments can actually detect. Quite often
this quantity is the charge Q (of one sign) produced by the energy imparted from
ionising radiation in the sensitive volume (or cavity) of a gas-filled ionisation chamber. Indeed, the determination of ionisation in a gas under therapeutic irradiation
remains the primary standard for the measurement of absorbed dose of all dosimetric
techniques [7]. As such, ionisation chambers are the most important and commonly
used detectors in routine medical dosimetry, providing absolute (reference) and relative measures of absorbed dose to water, the accuracy of which all other detector
measurements depend [98].

Figure 3.1: Schematic diagram of a thimble-type ionisation chamber connected to a charge
reading electrometer. Reproduced from DeWerd et al. 2009 [99].

Generally comprised of air, ion pairs liberated in the gas cavity of commercially
available chambers — such as the thimble-type shown in Fig. 3.1 — are swept onto electrodes of opposite polarity by an externally applied electric field before the resulting
current I is measured with an electrometer (see App. D for discussion on the operational principles of electrometers). To suppress the influence of ion recombination
so that all liberated charge contributes to the ionic current, charge separation and
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collection should be as rapid as possible, requiring the use of a sufficiently high potential across the electrodes [86], as shown in Fig. 3.2. However, if the voltage is
increased much beyond saturation,∗ the ions accelerated by the increased electric field
can themselves gain enough energy to ionise the gas molecules. This results in a rapid
multiplication of ions, and the current, once again, becomes strongly dependent on
the applied voltage [100]. As such, the chamber should be operated within the ion
saturation region to ensure full charge collection and reduce measurement uncertainty
due to any voltage drift. For a typical cylindrical ion chamber, this region corresponds
to a voltage range between 100 and 400 V [7].

Figure 3.2: Variation of ionic current as a function of applied potential for a typical ionisation chamber exposed to radiation (reproduced from Khan 2003 [100]). The
characteristic curve shows that as the voltage difference between the electrodes
of the ion chamber is increased, the ionisation current increases almost linearly
before tapering off as the saturation region is approached. At the point of saturation all ions produced in the chamber reach the electrodes and an accurate
measure of the total charge produced can be ascertained.

By integrating the ionic current over time, the total charge Q generated in the
chamber is determined, and a measure of the energy imparted to the gas is obtained.
If the mass m of the gas is known, the dose to the gas at the point of interest can then
be found by:
Dgas

∗

 
Q W
=
m e gas

An ion chamber is said to be saturated when ionic recombination is absent [12].

(3.1)
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where Wgas /e is the mean energy imparted to the gas per unit charge released, which
amounts to 33.97 J/C in dry air. As such, the dose (or dose rate) to the gas is directly
proportional to the collected charge (or current).∗ The difficult task then is determining the absorbed dose to water, requiring the application of cavity theory as discussed
in the section below. But before then, some important considerations in the general
design of ionisation chambers needs pointing out:
i. Other than the free-in-air chamber, ionisation chambers are all of the cavity
type, consisting of a gas filled cavity surrounded by a conductive outer wall.
And if the gas is air, its tissue equivalence ensures the chambers dose response
is practically constant for different beam qualities.
ii. They provide an immediate read-out, with the amount of ionisation proportional
to the mass m of the sensitive volume. Due to the latter, chambers with open air
designs require a temperature and pressure correction to account for the change
in the mass of air that results from changes in the ambient temperature and
pressure from reference conditions.
iii. The volume of the gas chamber is a compromise between minimising the volume
to achieve the best spatial resolution and maximising the volume to improve
signal-to-noise [7]. In particular, with volumes usually restricted to 1.0 cm3 or
less, typical ionisation currents are no larger than a few hundred pA for the dose
rates used in radiotherapy (a few Gy/min).
iv. The chamber’s geometry can be varied greatly to suit the application, provided
the electric field throughout the active volume can be maintained high enough
for ion saturation [86].

∗

With ion recombination actually amounting to more than 1 % from pulsed radiation in linear accelerators [7], a correction factor is required to take into account than Q is greater than the charge
measured.
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Cavity theory

The foundations of cavity theory were laid by W.H. Bragg (1910) and L.H. Gray (1929)
in what is now known as the Bragg-Gray cavity theory. Used for the absolute measure
of absorbed of dose to water, it relates the dose recorded in a gas to the absorbed dose
in the surrounding (and otherwise homogeneous) medium within which the chamber
is embedded. It does this by making two assumptions [12]:
1. The absorbed dose in the gas cavity is assumed to be deposited entirely by the
primary (or secondary in the case of photons) beam of charged particles crossing
it. In particular, it implies that no charged particles are produced inside the
cavity by indirectly ionising radiation. For photons this condition can easily be
fulfilled since the probability that they interact in a gas cavity of small dimensions
is much less than that with the surrounding medium. If the condition is indeed
fulfilled, then according to Eq. 2.48 one can write for the absorbed dose to gas:

Dgas = Φgas

S col
ρ


(3.2)
gas


where Φgas is the primary charged particle fluence in the gas cavity and S col /ρ gas
is the spectrum averaged mass collision stopping power in the gas. For the dose
to the surrounding medium a similar relation can be written:

Dmed = Φmed

S col
ρ


(3.3)
med

where Φmed is the primary charged particle fluence in the medium and S col /ρ


med

is the corresponding spectrum averaged mass collision stopping power.
2. The cavity is small when compared with the range of the primary (or secondary
in the case of photons) charged particles incident on it, such that its presence
does not perturb the fluence of primary charged particles in the medium. It im-

3.4. The Ionisation Chamber

53

plies that the charged particle fluence is not influenced by the presence of the gas
cavity; that is, the scattering properties of the gas cavity and the surrounding
medium are sufficiently similar. If this condition is fulfilled, Φmed = Φgas . However, the presence of a cavity always causes some degree of fluence perturbation
unless the two mediums are sufficiently close in atomic number, thus requiring
the introduction of a correction factor for the change in fluence that results.
Under the terms of the two Bragg-Gray conditions, the dose in the medium immediately surrounding the cavity is given by:
Dmed =

S col /ρ



med Dgas = S col /ρ
S col /ρ gas

med
gas

Dgas

(3.4)

which is defined as the Bragg-Gray relation in terms of absorbed dose to the cavity,
dependent only on the averaged mass collision stopping power ratio and independent
of the charged particle fluence. Given the former is evaluated for the primary chargedparticle fluence spectrum ΦE (E) that crosses the cavity, the Bragg-Gray relation requires neither CPE nor a homogeneous field of radiation as the assumption of local
energy deposition is accurate on its own without invoking CPE [12]. By substituting
Eq. 3.1 into Eq. 3.4 we obtain the Bragg-Gray relation in terms of cavity ionisation:
Dmed

 
med Q W
= S col /ρ gas
m e gas

(3.5)

As such, one can calculate the absorbed dose in the medium immediately surrounding
a Bragg-Gray cavity on the basis of the charge produced in the gas chamber, provided
the other dependent variables are known. Of particular note, the use of unrestricted
mass stopping powers, by definition, rules out the production of any δ-rays in the
gas cavity that would otherwise have sufficient energy to escape the sensitive chamber
volume, unless of course δ-ray CPE exists. To take into account the reduction in
absorbed dose due to any δ-ray electron escape, and thus improve dosimetric accuracy,

3.4. The Ionisation Chamber

54

the use of restricted mass stopping powers is required (as governed by the SpencerAttix formulism discussed in App. B). For Farmer-type and parallel-plate ionisation
chambers, a nominal value of 10 keV is often used for the cut-off value ∆, which
corresponds to an electron range of 2 mm or less in air [101].
At this point, it is worth mentioning that Bragg-Gray theory may also be applied
to solid- or liquid-filled cavities if an appropriate fundamental physical quantity which
relates detector response to dose can be be sought; for example, the mean energy
expended in a semiconducting material to create an electron-hole pair. Indeed, and
with reference to Fig. 3.3, all dosimeters essentially behave in a Bragg-Gray fashion
if irradiated by a MV electron beam due to the long range of the primary electrons
in water [101]. However, under MV photon irradiation, practically none of the solidstate dosimeters currently in use (e.g., TLDs, silicon diodes, radiochromic film, and
PTW diamond) behave as Bragg-Gray cavities since their dimensions are just too
thick for the reduced range of the secondary electrons produced from the primary
photon fluence spectra [101]. In fact, for a comparable mass thickness, a condensed
medium would require a thickness roughly one thousand times smaller than that for
a gas-filled cavity at 1 atm. For example, a 2 mm gas-filled cavity is comparable to a
2 µm layer of a condensed medium. For this reason however, the study of novel boron
implanted diamond detectors and thin CNT films provide an exciting opportunity for
their potential application as solid-state Bragg-Gray dosimeters since their sensing
elements can be fabricated with thicknesses less than or approximately equal to 1 µm.
At present though, gas-filled ionisation chambers are the only practical example of a
Bragg-Gray detector under MV photon irradiation.∗

∗

Under kV x-ray fields, ionisation chambers also cease to behave in a Bragg-Gray manner due to the
drastic reduction in electron range that results, unless the surrounding medium is also a gas.
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Figure 3.3: Range of primary and secondary (in the case of photons) electrons in water.
Reproduced from Metcalfe et al. 2007 [7].

The main corrections to the Bragg-Gray and Spencer-Attix theory account for the
possibility that the size of the cavity may be comparable to, or even greater than,
the range of the primary charged particles incident on it. In this case, the primary
charged particle fluence is perturbed by the presence of the cavity whilst photons may
interact within it, and subsequently neither Bragg-Gray condition is satisfied. In order
to deal with the associated changes in the charged particle fluence across the cavity,
numerous extensions of the Bragg-Gray cavity theory have been developed. Burlin
cavity theory is perhaps the conceptually simplest to understand,∗ and applying to a
uniform irradiation of photons on an ionisation chamber, it states [12]:
Dgas CPE
= d
Dmed



S col
ρ

gas


+ (1 − d)

med

µen
ρ

gas
(3.6)
med

where d is the fraction of the dose in the cavity due to electrons produced from the
surrounding medium (the Bragg-Gray part), 1 − d is the fraction of the dose from
photon interactions in the cavity (the large cavity part), and there exists a condition

∗

Via Monte Carlo simulations, the weighted method used by Burlin has been shown to be too simplistic
requiring additional terms to calculate dose ratios for intermediate cavity sizes, ensuring it is no longer
used in practice [96].
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of CPE at all points in the medium and the cavity that are further than the maximum
electron range from the cavity boundary. Indeed, most solid-state dosimeters under
MV photon beam irradiation require the application of Burlin theory if they are going
to be used to calculate dose absolutely. If the cavity is made so large that d = 0,
then the majority of the the dose is delivered by electrons generated from photon
interactions within the cavity medium itself.

3.4.2

Ion chamber types used in radiotherapy

Free-in-air chambers
Free-in-air chambers are very delicate, bulky and difficult to use [100]. As such, their
primary function is in the standardising laboratories where they can be used to calibrate field instruments such as the thimble-type chamber.
Thimble-type chambers
Thimble-type chambers are cylindrical in geometry, ranging in volume from 0.1 to
1.0 cm3 . They are the most frequently used ionisation chamber in the radiotherapy department, their application extending across the range of dosimetric (absolute
and relative) and quality assurance applications [102]. In particular, the Farmer-type
chamber (shown in Fig. 3.4), which is designed with a thin graphitic wall that operates at the ground potential and a conducting aluminium axial rod which carries the
applied voltage, is the standard used for beam calibration.∗ However, as irradiation
is to be performed through the cylinder mantle, it’s asymmetrical design and stem
creates a dose response that varies with the incident angle of radiation relative to
the central axis, which is not ideal for scanning dose profiles in a water phantom or
where quality assurance is concerned [7]. As such, thimble type chambers whose axial
∗

The greater atomic number of aluminium (Z = 13) with respect to carbon (Z = 6) is purposeful to
flatten the energy response of the chamber for low x-ray energies in the therapeutic range.
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and cross-sectional dimensions are identical have been manufactured in order to help
remove this variation in angular response.

Figure 3.4: Schematic diagram of a classic Farmer ionisation chamber with electric field
lines shown. Reproduced from DeWerd et al. 2009 [99].

Since typical ionisation currents are no larger than a few hundred pA for the dose
rates used in radiotherapy (a few Gy/min), the leakage current which results from the
finite conductivity of the thimble-types high voltage insulator (whether through it or
across the surface due to moisture build-up if the humidity is high) must be kept very
small to ensure its contribution to the irradiation signal is negligible.∗ This can be
done by extending a guard electrode (known as a guard ring) completely through the
chamber’s insulator assembly, the likes of which will intercept the leakage current and
divert it away from the measuring pathway to ground [86].

Parallel plate chambers
Parallel plate chambers are planar in geometry with a typical electrode separation of
2 mm (see Fig. 3.5). Irradiation is performed through one end of the plate walls which
serves as an entry window and polarising electrode (generally made of a thin carbon
coated foil or plastic membrane), allowing for an improved spatial resolution along the
beam axis (as compared to the typical 6 mm diameter of a thimble type chamber). This
∗

Leakage can also be induced by background radiation.
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property makes them the chamber of choice for use in the dose build-up region of MV
x-ray beams, and in the steep depth-dose gradients of MV electron beams (< 10 MeV)
and low energy x-rays [7]. And rather than help reduce leakage, their guard ring acts
to provide a uniform electric field in the sensitive volume of the chamber [12]. However,
they are generally more complicated in design than thimble-type chambers and are
not well suited for measurements in a water phantom [7].

Figure 3.5: Schematic diagram of a parallel plate ionisation chamber. Reproduced from
Metcalfe et al. 2007 [7].

Extrapolation chambers
Extrapolation chambers are a special type of parallel plate chamber which allows
the distance between the electrodes (and thus the sensitive air volume) to be varied.
Particularly useful for measurements of surface dose by extrapolating the dose curve
to zero electrode spacing [100].

Transmission chambers
Transmission chambers are input in the linac treatment head for beam calibration
purposes, with the monitor units (MU) accrued by these chambers being used to
monitor dose output, beam symmetry and beam flatness for patient safety [7].
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Diamond Detectors

To remove the need for energy dependent correction in relative dosimetry, radiation
dosimeters made of a tissue equivalent material are required. Diamond (Z = 6) is one
such material, with many favourable properties for its application in the radiotherapy
department. A natural insulator with a large band gap of 5.54 eV, it has only but a few
free charge carriers present at room temperature, leading to a very high resistivity and
a correspondingly low leakage current (typically less than 1 pA) [41].∗ Compared to
silicon, diamond has a smaller dielectric constant, yielding a smaller capacitance and
therefore a better noise performance at the frontend of the associated readout electronics [14]. Strong covalent bonds between its carbon atoms make the material very
radiation-hard (i.e., its sensitivity is constant with the accumulated dose) and rugged,
whilst its high carrier mobility permits a potentially fast dynamic response (order of
nanoseconds) [22]. This, in addition to its tissue equivalence, high radiation sensitivity, chemical inertness, high thermal conductivity (high heat load) and non-toxicity
make diamond a fundamentally attractive material for use as a solid-state detector in
both pre-treatment and in vivo quality assurance [103, 104]. In fact, diamond can be
used both in real time to measure the conductivity induced dose-rate response, or as
a passive detector by taking advantage of its thermoluminescence response to measure the time-integrated dose. The key properties of diamond relevant for dosimetric
application (and compared with silicon) are summarised in Table 3.1.

3.5.1

Natural diamond as a real-time dosimeter

When highly insulating diamond films are used for the measurement of absorbed dose,
the application of high electric fields with low leakage current is required [105]. Commercially available diamond detectors which meet these specifications are manufac∗

This ensures there is no need for a reverse biased pn-junction as there is for silicon.
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Table 3.1: Physical properties of diamond and silicon (at room temperature)
relevant to dosimetry. Adapted from Kalish 1997 [104]

Property

Diamond

Silicon

Atomic number
Mass density (g/cm3 )
Dielectric constant
Breakdown field (V/cm)
Bandgap (eV)
Intrinsic carrier density (cm−3 )
Intrinsic resistivity (Ω · cm)
Electron mobility (cm2 /V·s)
Hole mobility (cm2 /V·s)
Saturation velocity (cm/s)
e-h creation energy (eV)
Minority carrier lifetime (s)
Wigner energy1(eV)
Thermal expansion coefficent (K−1 )
Thermal conductivity (W/m·K)

6
3.5
5.7
107
5.54
< 103
> 1011
1800
1200
2.2 × 107
13
10−9
43
0.8 × 10−6
1000 – 2000

14
2.3
11.9
3 × 105
1.12
1.5 × 1010
2.3 × 105
1450
450
0.8 × 107
3.6
2.5 × 10−3
13 – 20
2.6 × 10−6
150

1

Energy needed to remove an atom from its lattice site to produce a
vacancy

tured by PTW and are based on a 310 µm thick piece of polycrystalline natural type
IIa diamond sandwiched between two ohmic contacts and sealed within a polystyrene
housing (see Fig. 3.6).∗ Working as a solid-state ionisation chamber, electron-hole
pairs created by charged particles interacting within diamonds atomic structure acquire sufficient energy to be free to move through the crystal, drifting towards the
metallic contacts via the presence of an externally applied electric field. An electrical
current proportional to the induced charge can then be used to measure the temporary
increase in conductivity, with a bias producing 1 V/µm typically enough for full charge
collection [42], well below the limit of dielectric breakdown at 103 V/µm . Recent work
on the characteristics of PTW type 60003 natural diamond detectors and a comparison
∗

Type IIa diamonds contain very low concentrations of nitrogen impurities (< 1019 atoms/cm3 ) making
them transparent to visible and ultra-violet light down to 230 nm [106].
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with other detectors for radiotherapy dosimetry can be found in [107] and [40].

Figure 3.6: Schematic diagram showing the longitudinal section of the PTW type 60003
natural diamond detector sealed within its polystyrene housing (reproduced
from De Angelis et al. 2002 [107]). The sensitive volume of the diamond crystal
is 1.4 × 10−3 cm3 with a thickness of 310 µm. This makes the detector slightly
larger than the typical silicon diode whose volume is usually three times less
with an effective thickness no greater than 60 µm [24].

Given the high density of diamond in comparison to air, recombination of charge
carriers becomes a much more important consideration for diamond detectors than that
for ionisation chambers, particularly where the manufacturers recommended bias is not
sufficient for complete charge collection. A close inspection of the literature indicates
the time of recombination is inversely proportional to the number of holes [108], and
if localised impurities are present, metastable states are introduced into the band gap,
trapping many electrons which would otherwise recombine with holes. As such, the
number of holes is equal to the sum of i) the equilibrium density of electrons in traps
m and ii) the equilibrium density of free electrons n. Since the efficiency of charge
collection is proportional to the rate of recombination, the increase in n which occurs
with dose rate Ḋ will result in a sublinear response I from the diamond detector, as
expressed by the Fowler relation [42]:
I = Ileak + αḊ∆

(3.7)
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where Ileak is the leakage current,∗ α is a constant and ∆ is the fitting parameter for the
induced signals sublinearity. Ideally, the response would be linear, ensuring the rate of
recombination, and hence the efficiency of charge collection, is independent of the dose
rate. This requires the number of electrons in traps m to be very large compared with
the number of free electrons n, such that the proportional increase in the number of
vacant holes during irradiation becomes almost independent of dose rate. Fortunately,
even the most pure forms of diamond crystals have a considerable concentration of
defect centers [14], allowing values for ∆ upwards of 0.98 to be obtained [107], a result
in stark contrast to the square root dependence of pure (intrinsic) semiconductors. It is
worth noting however that the upper limit of ∆ = 1 may only be observed for a uniform
or quasi-uniform trap distribution, unless traps with different capture cross sections
are present in the crystal, at which the upper limit may be exceeded [108]. In fact, the
higher trap concentration generally observed in natural diamond samples compared to
those synthetically grown just aids to lower the detector’s radiation sensitivity since
the increased number of vacant holes decreases the charge recombination time [22].
Unfortunately, the presence of electrons in native traps will induce a space charge
in the bulk of the detector which gives rise to an electric field of opposite sign to
the applied field; an effect known as polarisation. As such, the response of the PTW
diamond detector is found to initially decrease with absorbed dose due to the reduction
in the applied electric field caused by increasing polarisation as traps are filled [42].
The response is also observed to initially drop with dose delivered as the bias voltage
is increased, indicating that the equilibrium number of electrons in traps (and hence
the degree of polarisation) is increased. So that an equilibrium trap population is
established before measurements are made, the detector must be pre-irradiated (or
primed) with the operating bias voltage applied. A priming dose between 5 and
∗

Previous studies show that that leakage currents in polycrystalline diamond films are mainly through
percolating pathways along the grain-boundaries [105].
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10 Gy is usually enough to stabilise the detectors sensitivity, although the actual dose
required varies depending on the impurity concentration of each diamond used [24].∗
After proper pre-irradiation, natural diamond detectors have an excellent short term
stability with less than 0.1 % variation in signal response [107]. In the daily use,
the sensitivity variations due to optical and thermal fading are always less than 1 %,
inferring only deep traps are filled.
Although the 13 eV required to produce an electron/hole pair is almost four times
greater than that for silicon, improved charge carrier mobilities and an increased mass
density ensure diamonds radiation sensitivity per unit volume is only slightly reduced
compared to its silicon counterparts [21]. As such, the use of very small detector
volumes (a few cubic mm) with sufficient signal-to-noise is possible, giving diamond
detectors an excellent spatial resolution. In addition, with almost no temperature or
angular dependence and a high resistance to radiation damage — all of which are in
stark contrast to the properties of silicon diode detectors [41,109] — the dose response
will not be subject to inherent change. Indeed, no changes in the sensitivity of diamond
dosimeters have been observed in the calibration for doses as high as 9 kGy [14], well
beyond the limits deliverable in radiation therapy.
Given their high resistance to radiation damage, flat energy response, small physical size and negligible angular and temperature dependence, diamonds are well suited
for use in the small radiation fields and steep dose gradients of IMRT and stereotactic radiosurgery [24]. In particular, they demonstrate superior behaviour in the
measurements of penumbra in radiation fields less than 4 cm compared to Si diodes
and TLDs [40]. This is because the response of diamond detectors, unlike Si based
detectors, is not affected by the variance in spectral characteristics of MV x-ray beams
∗

To suppress the polarisation effect without the need for priming, an injecting contact made by boron
ion implantation has been proposed in the past, but to limited success [106].

The sensitivity of silicon semiconductors is upwards of 2 × 104 the size of ionising chambers of the same
volume due to a much higher density (2.33 g/cm3 ) and a reduced mean ionisation energy (3.6 eV) [24].
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that occurs with changing the field size. However, due to their slight sublinearity,
an increasing under-response with dose rate is observed [42]. This reduces the total charge that would otherwise be collected such that percentage depth-dose curves
measured with a diamond detector exhibit a falloff that is shallower than expected,
thereby requiring the corrective factor ∆ to be applied to each relative depth dose
measurement [43]. In addition, few natural diamonds are suitable for use as detectors,
they are characterised by poor inter-sample reproducibility, they are less user friendly
(since the priming dose is required before daily use), and their exorbitant cost limits
their use for quality assurance purposes [22]. As such, great research efforts are being
made to produce synthetic type IIa diamond detectors with good signal-to-noise, reproducible properties, and at much cheaper prices through chemical vapour deposition
means [21, 110].

3.5.2

CVD diamond as a real-time dosimeter

The CVD technique potentially makes available thin diamond films with controllable
defect concentration and geometry at low costs of production. A review of the literature suggests most CVD detectors currently tested are polycrystalline in nature
with thicknesses extending between 300 and 400 µm [22], requiring an electric field
of approximately 1 V/µm for full charge collection [111]. And like natural diamond,
they all show a sublinear dose rate dependence and priming effect, the latter of which
is displayed in Fig. 3.7. However, as the traps become filled during irradiation, the
response is found to initially increase with dose which is opposite to that observed for
the PTV diamond detector described before. One explanation for this is that passivation of deep native traps increases the free-carrier lifetime [14]. If the activation
energy of these traps is sufficiently high, their rate of thermal ionisation will be low
and they will remain filled for long periods of time, upwards of months. Indeed, poly-
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crystalline diamond has shown an excellent stability during irradiation with less than
0.5 % variation in its signal response [112]. However, exposure to room light has been
shown to ionise the traps in some cases and results in a rapid depumping [111].

Figure 3.7: Dose-rate response of a 300 µm thick polycrystalline CVD diamond detector
with gold ohmic contacts irradiated under a 25 MV x-ray beam at 100 V applied
bias (reproduced from Bucciolini et al. 2005 [22]). Clearly visible is the priming
effect with dose, requiring 30 Gy to reach the equilibrium current.

Compared to natural diamond, all CVD samples tested in the literature tend to
show a slower rise and decay time, reaching values as high as 2 s or more before
stability is obtained [22]. This is too slow, particularly for practical application in
IMRT, since the response of the dosimetric system needs to be sufficiently fast to
follow the changes in intensity of the radiation beam in real time, correlating to a rise
time of 0.3 s for dose rates of 200 MU/min typical in radiation therapy. It is suggested
that this smearing of the dynamic response is influenced by the charging of relatively
shallow defect traps (mainly related to grain boundaries) that are then thermally
ionised at room temperature [113]. In particular, when the beam is switched off, the
signal sharply decreases followed by a small persistent photocurrent that takes a few
minutes to decay [14]. To reduce the concentration of relatively shallow defect levels
(with activation energies in the range 0.8 – 1.4 eV), irradiation with fast neutrons has
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been explored [22], creating a faster more reproducible dynamic response. However,
due to the creation of deep traps by the neutron irradiation, the resulting sensitivity of
the diamond detector is reduced, although it is still higher than that of the standard
ionisation chamber.
Alternative to polycrystalline CVD diamond, single crystal CVD diamond detectors are of a high crystalline quality and purity, such that the reduced concentration
of electron traps increases the charge-carrier lifetime (>10−6 s) and radiation sensitivity [111]. In addition, by containing no grain boundaries, a reduced leakage current
is observed whilst the smearing in the rise time response is removed [114]. First fabricated by Element Six in 2002 [115], the improved room temperature drift mobilities
(measuring 4500 cm2 /V·s for electrons and 3800 cm2 /V·s) and charge-carrier lifetimes
result in a very fast signal response, with full charge collection observed at electric
field strengths as low as 0.2 V/µm [111]. Indeed, rise times less than 0.2 s have been
recorded, whilst the need for a priming dose to obtain signal stabilisation is removed
in samples of very high purity [116]. In addition, ∆ values as large as 0.99 are in
agreement with those found for natural diamond detectors, indicating a homogeneous
distribution of charge trapping centers have been grown throughout the crystal, albeit
at a low level amount [112]. For these reasons, a novel boron doped single crystal
CVD diamond detector with an edge-on spatial resolution of approximately 1.5 µm is
explored for its potential use as a ultrahigh spatial resolution dosimeter in Chp. 5.

3.5.3

Passive diamond detectors

Whilst research efforts to produce a viable real-time CVD diamond detector continue,
synthetic type IIa diamond has already found application as a passive thermoluminescent radiation dosimeter, taking advantage of an improved linear dose response over
an increased range compared to conventional LiF TLDs [14, 117]. However, optical
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fading of the main trapping centres involved in the thermoluminescent signal below
550 nm requires the detector be kept in the dark during and post-irradiation [118]. In
addition, thermal fading of the relatively shallow trapping centres requires the detector undergo pretreatment heating in order to isolate the component that peaks at the
highest temperature.

Chapter 4
Carbon Nanotube Literature
Review
4.1

Introduction

In the previous chapter, the detailed theory and application of ionisation chambers
used as a “gold standard” of absolute dose-to-water measurements and beam calibration was discussed. Also discussed was the use of diamond detectors as a highresolution real-time tissue-equivalent medical radiation dosimeter for use in relative
dosimetry, pre-treatment quality assurance and in-vivo patient dosimetry. In particular, it was discovered that the use of diamond as a solid-state dosimeter is far from
ideal due to the crystallite material being limited by a sublinear dose-rate dependence
and the need for a pre-irradiation priming dose. However, with their unique electrical,
optical and mechanical properties, carbon nanotubes (CNTs) provide great potential
for the development of a new type of tissue-equivalent radiation dosimeter; one that
might not only overcome diamond’s shortfalls but also bring the reality of an ideal
dosimeter one step closer to fruition.

68

4.2. Background and History

69

In order to physically interpret the real-time response of the novel thin CNT filmbased detectors under investigation in this thesis, a thorough understanding of the
CNTs complex structure, properties, and radiation interaction mechanisms is required.
As such, it is the purpose of this chapter to present to the reader a comprehensive
summary on the latest scientific literature reported on CNTs, including the preliminary
irradiation results of any other prototype CNT-based dosimeters that can be sought.
To begin however, the history and background behind the use of CNTs will be reviewed.

Figure 4.1: Scanning electron microscope image of an aligned mass of single-walled carbon
nanotubes (reproduced from [119]).

4.2

Background and History

Elemental carbon, with an atomic number of Z = 6 and a ground state electron configuration of 1s2 2s2 2p2 , is one of the most abundant elements in nature. For instance
it is found in the food one eats, the cosmetics women wear, the petrol that fuels motor
vehicles, as well as providing the base-constituent for all biological life on Earth. This
fundamental role is a consequence of the atom’s 4 valence shell electrons which gives
carbon the highly reactive ability to bind both to itself and nearly all other elements
(especially hydrogen, nitrogen and oxygen) in an almost limitless variety of very long
and complex molecules [120]. In particular, the carbon atom very quickly tends to
form strong single, double or triple covalent bonds with itself and other non-metals
by sharing pairs of valence electrons through orbital hybridisation (see App. C). The
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directional properties of these covalent bonds in turn gives carbon the ability to adapt
into various multi-atomic or crystalline structures of widely differing physical properties known as carbon allotropes [121]. For instance, the tetrahedral orientation of
sp3 carbon bonds forms an interlocking three-dimensional network of carbon atoms
known as diamond, which is highly insulating and very hard.∗ On the other hand, the
in-plane trigonal orientation of sp2 carbon bonds naturally forms a two-dimensional
hexagonal network of carbon atoms (known as graphene) in which weak van der Waals
forces attract opposing graphene layers to produce the highly conducting but very soft
graphite crystal.
Indeed, before Kroto’s fortuitous discovery of buckminsterfullerine (a spherical
molecule made of 60 carbon atoms) in 1985 [122], diamond and graphite were the
only carbon allotropes known to science. However, in 1991 the carbon landscape
changed forever with Iijima’s discovery of multi-walled carbon nanotubes (MWCNTs)
from the soot produced in the arc-discharge synthesis of fullerenes [123]. With very
large aspect ratios (length to diameter) and upwards of 50 coaxial tubes arranged in a
“Russian doll” configuration, speculation of the MWCNTs properties soon turned to
it’s basic building block; namely a single tube one atom thick in the radial direction,
later called a single-walled carbon nanotube (SWCNT). The extraordinary electronic
properties calculated for SWCNTs (they could behave as either a metal or narrowband semiconductor depending on their geometry [126–128]) attracted intense interest
within the scientific fraternity. And by using arc-discharge methods with transition
metal catalysts, the synthesis of these SWCNTs was soon realised in 1993 [129, 130].
With these findings, an unprecedented impetus for further research into the underlying
∗

the superscript 3 on the orbital angular momentum quantum number refers to the number of p
orbitals used in the hybridisation process. It has nothing to do with the number of electrons like that
used in denoting the atoms electronic configuration.

It is argued in the scientific fraternity that the discovery of carbon nanotubes in fact dates back to as
early as 1952 by Radushkevich and Lukyanovich [124, 125]. However, these authors (amongst others)
are not credited with the discovery since they failed to recognise the true significance of their findings
at the time.
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properties and possible applications of these new synthetic carbon allotropes began
[55].

Figure 4.2: Schematic diagram of a SWCNT (left) and MWCNT (right). Reproduced
from [119].

Scientists today associate many intriguing properties with carbon nanotubes, in
addition to their unique electronic properties, which include: super tensile strength,
a large surface area but small mass, extraordinary flexibility when subject to a large
strain, and good heat conductance [131, 132]. Certainly there remains intense interest about their potential applications, particularly for use in: carbon-based nanoelectronics [133–141], nanocomposite materials [142, 143], gas sensors [144–150], biosensors [151, 152], electromechanical memory devices [153, 154], electron field-emission
devices [155–160], drug-delivery systems [161, 162],∗ tissue regeneration systems [164],
actuator devices [165], biomedical imaging [166, 167], cancer treatment [162, 168], and
ion storage units for batteries and super-capacitors [169, 170]. Undeniably, the very
origin of modern nanotechnology is owed to the discovery of SWCNTs [171]. And
with further improvements in CNT synthesis, it is fair to expect the application of
such emerging and novel technologies will soon be realised. In fact, some of the unique
properties of carbon nanotubes have already been exploited, for example, in their production of scanning probe tips for use in high resolution electron microscopes [172].
To garner an understanding of where the CNTs unique properties derive, its physical
structure and the various techniques used for its synthesis are now discussed.
∗

SWCNTs efficiently interact with living cells, functioning as transporters of molecules through cellular
membranes [163].
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Structure

Carbon nanotubes (CNTs) are hollow cylindrical macro-molecules of carbon with diameters as small as 0.4 nm and lengths as large as several micrometers [173]. Formed
by the self-assembling propensity of carbon atoms under various sets of extreme conditions [172], the process is analogous to rolling a graphene sheet into a seamless cylinder;
those CNTs made from a single graphene layer produce a single-walled carbon nanotube while several graphene layers (separated by approximately 0.34 nm [173]) make
up a multi-walled carbon nanotube.∗ Intuitively, the originally planar sp2 covalent
bond vectors are bent along with the graphene plane, projecting a component into the
third dimension to form partial sp3 bond properties. It is therefore not surprising to
find that CNTs are mechanically tough like diamond but electrically conducting like
graphene [44].

Figure 4.3: Schematic diagram showing a possible furling of the two-dimensional hexagonal graphene lattice into a quasi-one-dimensional SWCNT (reproduced from
Dresselhaus et al. 2004 [175]). In this example, a (5, 3) SWCNT is under construction and the resulting tube is shown to the right.

∗

The multi-walled carbon nanotube name is restricted to nanostructures with outer diameters of less
than 15 nm. Above this, the structures are called carbon nanofibers and possess properties somewhere
between those of carbon fibers and MWCNTs [174].
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With reference to Fig. 4.3, if a1 and a2 are the basis vectors of graphene’s lattice
structure, the furling of graphene to form a SWCNT may be specified by the chiral
vector [174]:
C = na1 + ma2 ≡ (n, m)

(4.1)

where n and m are non-negative integers. In this way the chiral vector determines
the direction in which the the graphene sheet is rolled, given a lattice point (n, m) is
superimposed with a defined origin (0, 0) to form the nanotube. The basis vectors are
derived from graphene’s hexagonally shaped unit cell to give [174]:
a1 = acc

√ !
3
3
,
, and
2 2

a2 = acc

√ !
3
3
,−
2
2

(4.2)

where acc is the carbon-carbon bond length, equal to 1.42 Å [132]. It follows that
√
the graphene’s lattice constant a = |a1 | = |a2 | = 3 acc . Given the circumference of the
CNT is simply the magnitude of the chiral vector, the diameter of the tube d may be
expressed as:
√
a n2 + nm + m2
d=
π

(4.3)

The direction with which the graphene sheet is rolled is explicitly defined by the chiral
angle θ, which is that angle between C and the so-called zigzag or a1 direction [174]:
!
√
3m
, where n > m > 0
(4.4)
θ = tan−1
2n + m
It follows that the axis of the so-called zigzag nanotube (n, 0) corresponds to θ = 0°,
whereas the axis of the armchair nanotube (m, m) corresponds to θ = 30° [176]. Between these two extremes chiral nanotubes exist whose axes correspond to 0° < θ < 30°
(see Fig. 4.4). Beyond this limit, the symmetry of graphene’s hexagonal lattice ensures
the calculation process simply repeats in a periodic fashion twelve times over.
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Figure 4.4: Schematic diagram of a zigzag, armchair and chiral SWCNT (adapted from
Han 2005 [176]). The zigzag and armchair configurations at the end of the
respective tubes are highlighted in red for better clarity.

Scanning tunneling microscopy is employed to measure the tube geometry (d, θ)
from which the tube chirality (n, m) can be derived [174]. The significance of this
tube chirality is its direct relation with the unique electronic and optical properties of
a SWCNT, as discussed below.

4.3.1

Electronic band structure of SWCNTs

In graphene’s hexagonal lattice there exist three sp2 electrons and one 2p electron in
the valence shell of each carbon atom. The three sp2 orbitals form the three covalent
bonds in the plane of the graphene sheet, leaving an unsaturated 2p orbital [177].
This 2p orbital, perpendicular to the graphene sheet (and thus the nanotube surface),
overlaps laterally with those from neighboring carbon atoms to form a delocalised 2p
electron network across the nanotube, responsible for its electronic properties [177].
To calculate graphenes electronic band structure, Bloch’s theorem is employed,
and it is assumed that the interaction between 2p orbitals of different carbon atoms
vanishes unless the atoms are direct neighbours. From this tight-binding model, it can

4.3. Structure

75

be shown [126]:
v
u
u
 (k) = ±γ t1 + 4cos

!
√
a 
a 
3a
kx cos
ky + 4cos2
ky
2
2
2

(4.5)

where  is the energy of the molecular orbital with wave vector k = (kx , ky ), and
γ is the nearest neighbour interaction parameter (∼ 2.5 – 3.2 eV). Each wave vector
corresponds to a specified energy state, and when plotted as a function of kx and ky ,
the bandstructure results in a meeting of a small number of states at the Fermi level
F , thus forming a zero-gap semiconductor [178].
To obtain the electronic band structure of SWCNTs, we start from the band structure of graphene and quantise the wave-vector in the circumferential direction by the
integer j i.e.:
C · k = 2πj = Cx kx + Cy ky
√
=

3a
a
(n + m) kx + (n − m) ky
2
2

(4.6)

where [179]. Owing to this periodic boundary condition imposed in the radial direction,
only a certain set of k states of the planar graphene sheet are allowed when forming
a tube. In fact, the quantum confinement of the 2p electrons normal to the nanotube
axis ensures that these delocalised electrons propagate solely along the tube axis,
such that their wave vectors point in this direction only [132]. As such, the resulting
band structure effectively depends on the standing waves that are set up around the
circumference of the nanotube. From Eq. 4.6 we find:
kx =

2πj − Cy ky
, and
Cx

(4.7)

ky =

2πj − Cx kx
Cy

(4.8)
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Substituting into Eq. 4.5, we obtain:
 (k) = ±γ

q

h√
i h
i
h
i
a
a
1+4cos 2C3 a (2πj−Cy ky ) cos 2C
(2πj−Cx kx ) +4cos2 2C
(2πj−Cx kx )
x

y

y

(4.9)

the quantisation of which ensures each SWCNT will have a unique electronic band
structure. Indeed, the above theory predicts that carbon nanotubes can be either
metals or semiconductors with different size energy gaps, depending very sensitively
on the tube chirality (n, m). The general rules are [174]:
i. Armchair nanotubes are metals and, because of their special symmetry, remain
so no matter what their diameter.
ii. Chiral nanotubes with n − m = 3l, where l is a non-zero integer, are very tinygap semiconductors whose band gap decreases inversely with the square of the
nanotube diameter.
iii. All other SWCNTs are large-gap semiconductors with a band gap given by [180]:
Eg =

1
2γacc
∝
d
d

(4.10)

While a semiconducting nanotube with a diameter of 1 nm has a bandgap of approximately 0.8 eV, a semi-metallic nanotube with a comparable diameter has a bandgap of
only 40 meV or so [178]. Strictly speaking, the semi-metallic nanotubes would all be
metals under the tight-binding graphene model, but because of sp2 -2p hybridisation
effects from tube curvature, a tiny band gap forms. Even so, the gap is considered
sufficiently small for most practical purposes to classify it as a metal at room temperature. From this logic, the fabrication of a macroscopic SWCNT sample produced
with all possible chiralities must be a mixture of 1/3 metallic and 2/3 semiconducting
tubes [174].
Finally, if N () is the total number of molecular orbitals below a given energy E
for a given SWCNT, its according density of electronic states can be expressed as [178]:
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Comparison with first-principles suggest that this expression is valid over a region
several eV’s wide around the Fermi level [179]. As an example, Fig. 4.5 shows the calculated density of states of some semiconducting and metallic tubes. The Fermi energy
F is conveniently positioned at zero whilst the left and right sides of the Fermi level
define the valence and conduction bands respectively. In the case of metallic tubes, the
j = 0 band gives a non-zero density of states at the Fermi level, with D () = 2a/ (π 2 γd).
The sharp spikes that can be clearly seen when E = ± j are called van Hove singularities (VHSs) and result from the nanotubes quasi-one-dimensional quantum conduction
nature [132]. The presence of these singularities in the local density of states has been
verified through scanning tunneling spectroscopy studies [181, 182], with the experimental results in good agreement with the theoretical predictions of the tight-binding
approach for nanotubes with d > 1.2 nm [183,184]. In particular, their existence allows
for electronic transitions between symmetrically paired singularities around the Fermi
∆
level, as denoted by the transitional energy Ejj
, where the superscript ∆ refers to a

metallic M or semiconducting S tube. On the other hand, crossover transitions such
as v1 → c2 are dipole forbidden and thus extremely rare [185].
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Figure 4.5: The density of states for (5, 5), (7, 1), and (8, 0) SWCNTs calculated from the
tight-binding model (adapted from Dresselhaus et al. 2004 [174]). The (5, 5)
armchair nanotube is metallic, the (7, 1) chiral tube displays a tiny band gap
(essentially metallic at room temperature), and the (8, 0) zigzag tube is a largegap semiconductor. Also shown (in red) are some of the quantum mechanically
M
allowed electronic transitions. For metallic tubes E11
= 6γacc /d, and for semiS
conducting tubes the band gap Eg = E11 = 2γacc /d [180].

4.4

Synthesis

Since their discovery CNTs have been obtained using a variety of methods, the most
common being arc-discharge, laser ablation, and chemical vapor deposition (CVD)
[165]. Both arc-discharge and laser ablation rely on the vaporisation of carbon atoms at
temperatures above 3000  to produce tangled bundles of single or multi-walled CNTs
with a high quality and crystallinity in loose powder form [186]. Each crystallised
CNT bundle (or ‘rope’) contains tens to hundreds of nanotubes tightly packed into a
triangular lattice through weak van der Waals’ force of attraction, [174], with typical
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distances between the walls of neighbouring tubes being comparable to the inter-planar
distance of graphite (∼ 0.34 nm).∗ Any contaminants in the growth process, such as
amorphous carbon and metal catalysts, are then removed through one of a number
of purification processes [188–191], although their tangled nature makes purification
and application difficult [165]. In addition, with a maximum single-walled growth rate
of 1 g/min achieved through the arc-discharge technique [192], with even lower yields
obtained from laser ablation, each method is suitable only for use in limited research
applications. In fact, the low yield of CNTs produced, along with the use of high
power lasers, economically disadvantage the application of laser-ablation compared to
the arc-discharge method [132].
Alternatively, CVD is a low-cost technique capable of mass CNT production [165].
It relies on the thermal decomposition of a hydrocarbon vapour at temperatures between 600 and 1200  to produce both single and multi-walled tubes [186], with the
fluidised bed catalytic approach in particular producing a few kilograms of MWNCTs
per hour [193–195]. By offering better control over the alignment, position, density
and growth-rate, the CVD method is ideally suited to growing films of aligned CNTs
on desired substrates, which is not feasible by the arc-discharge or laser ablation techniques [165]. For example, highly aligned nanotubes have been grown from acetylene
using a Co catalyst impregnated in alumina nanochannels at 650  for use in electronic
materials [196]. Apart from the large-scale fabrication of sophisticated instruments,
CVD also offers the possibility of growing single nanotubes for use as probe tips in
atomic force microscopes or as field emitters in electron microscopes to significantly
improve image resolution [172, 186]. Unfortunately, the lack of sufficient thermal energy required for annealing tends to create high defect densities in the structures grown
by this process, thus reducing their overall quality [165].
∗

The cross section of an individual nanotube in a bundle is circular if the diameter is smaller than
1.5 nm and deforms to a hexagon as the diameter of the individual tubes increases [187].
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Apart from MWCNTs grown by the arc-discharge technique, each method requires
the presence of a metal catalyst for the nanotube synthesis. This indicates that these
apparently different methods might have a common growth mechanism, the exact cause
of which is not yet clear [186]. Since the size of the catalytic particle dictates the tube
diameter, metal nanoparticles of controlled size can be used to produce CNTs of a
controlled diameter [197], although controlled helicity (and thus controlled electrical
properties) is yet to be attained [198].

4.5

Properties

Before exploring the potential applications of carbon nanotubes in radiation dosimetry,
a brief overview of their unique structural, electrical, optical, mechanical, thermal, and
chemical properties is required.

4.5.1

Structural

The CNTs very small diameter and long length provides it with a very high aspect
ratio. This results in a large surface area to volume ratio which, and when combined
with the fact it contains no atoms in it’s central cavity, make it a good candidate
for use as an ion storage device in batteries and super-capacitors [199]. However, the
high aspect ratio comes at a cost of making CNTs susceptible to structural instability,
especially MWCNTs whose cylindrical shape is observed to be less well defined than
their single-walled counterparts [165]. In addition to cylindrical deformation, the presence of structural defects (such as vacancies, interstitials, and dopant impurities) are
found to make SWCNTs more prone to buckling, kink formation, and collapse under
mechanical strain [200]. They also introduce localised electronic states into the band
structure which modifies their electronic and optical properties [174]. As such, high
quality SWCNTs are generally preferred for the purposes of research and development.
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Electronic

In Sec. 4.3, it was shown that the extent of electrical conductivity in CNTs depends on
the degree of 2p orbital overlap, which in turn is influenced by the tube chirality (n, m).
This ensures some SWCNTs will be metallic in nature and other semiconducting.∗ In
particular, if the tube chirality can be controlled, then the electronic properties of
CNTs can be freely tuned to any desirable value, providing enormous flexibility in
electronic functionality. It is for this reason that carbon nanotubes have attracted
such intense interest for their potential applications in nanoelectronics, with much of
the effort to date having been made in using metallic SWCNTs as transmission lines
and semiconducting SWCNTs as diodes, transistors, and logic devices [176]. With
regards to their superconductive properties, the phenomena is only observed at very
low temperatures (∼ 1 K) in small diameter SWCNTs [201, 202].

Metallic CNTs
Owing to their quasi-one-dimensional electronic band structure, the current carrying
ability of metallic CNTs is unparalleled in the family of emerging nanowires [178]. Here
the electron conduction occurs ballistically (without scattering) over very long lengths
(the experimentally measured net mean free path of nanotubes is approximately 10 nm)
allowing each nanotube to carry high current densities with minimal heat dissipation
[165]. Theoretically, the conductance of those metallic SWCNTs, SWCNT bundles,
or MWCNTs is given by [176]:
1
= G0 M =
G=
R



2e2
h




M=

1
12.9 kΩ


M

(4.12)

where R is the resistance, G0 is the quantised conductance and M is the apparent
number of conducting channels (which equals 2 for a perfect SWCNT). Measured
∗

The dominating larger outermost tube of a MWCNT will determine whether it behaves like a metal
or semi-metal [176].
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values of conductance for SWCNTs have been shown to approach this theoretical
maximum of 2G0 as the temperature is decreased towards absolute zero under low bias
conditions [203]. However, mechanical deformation, the presence of structural defects,
disorder, intertube coupling and contact coupling all reduce the electrons ballistic
transport ability, ensuring the conductance will be lower than the quantised value.
Indeed, the measured resistance for a SWCNT at room temperature is approximately
11 kΩ, almost twice as large as the ideal value of 6.45 kΩ [203]. In contrast to SWCNTs,
the conductance of metallic MWCNTs is just one unit of the quantum conductance
G0 [204], with current densities approaching 109 A/cm2 attained (which is more than
103 times greater than those of metals such as copper) [205]. Possible reasons for
having only one-open channel include interlayer interactions and/or non-ideal contacts
creating substantial band shift [203]. Motivated by these experimental findings, studies
have been performed to decipher which metal forms the best contact for electron
transmission, with titanium the metal of choice due to its higher affinity for carbide
formation when compared with other metals such as Au, Al, Ni, Fe and Cu [206].
Semiconducting CNTs
The electronic transport properties of semiconducting CNTs vary from ballistic to
diffusive, depending on the material quality, as well as temperature and applied bias
[171]. The most intriguing electronic property however is the extremely high room
temperature mobility of their primary charge carriers (upwards of 104 cm2 /V·s, found
to be more than an order of magnitude larger than those in crystalline silicon [207].
This has lead to the fabrication of the SWCNT field-effect transistor in which single,
parallel aligned, or random arrays of semiconducting tubes serve as the high-mobility
conducting channel between two contact electrodes [135–139, 208].
Where contacts between metals and semiconducting SWCNTs are concerned, there
is a net accumulation of charge at the metal-semiconductor interface due to the dif-
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fusion of electrons and/or holes in search of lower empty energy levels. This allows a
shifting in the Fermi level such that the Schottky barrier height ΦB is dependent on
the metal’s work function Φm according to the relation [209]:
ΦB = Φm − χs

(4.13)

where χs is the electron affinity of the semiconducting nanotube. This is in stark
contrast to traditional metal-silicon contacts where the Fermi level is “pinned” in
the middle of the forbidden energy gap at the metal-semiconductor interface, thus
giving rise to a Schottky barrier equal to half the semiconducting bandgap [178].
An important consequence of this result is that the type of metal used to contact
the CNT has a strong influence on the systems electronic properties. For a typical
semiconducting CNT with a midgap 4.8 eV below the vacuum level and a bandgap
of 0.8 eV (as shown in Fig 4.6), metal work functions larger than 5.2 eV (or less than
4.4 eV) would thus remove the presence of a potential energy barrier i.e., the metal
contacts the CNT in the valence (or conduction) band forming an Ohmic contact
with reduced contact resistance [210].∗ As such, one would expect that Au (5.5 eV) for
example would give an Ohmic contact that exhibits p-type conduction behaviour whilst
Ca (2.9 eV) would give an ohmic contact that exhibits n-type conduction behaviour.
In particular, the conductance will increase with a reduction in temperature due to
reduced scatter effects, the opposite of what happens in Schottky contacts whose
rectifying I-V behaviour is influenced by thermionic emission of charge carriers over
the potential barrier [178].

∗

An ohmic contact is a junction between a metal and semiconductor that does not limit the current
flow [121].

Care must be taken employing such an argument given oxidative purification treatments are observed
to adsorb atoms on the CNTs surface-wall, disrupting the 2p-orbital conjugation and introducing
surface dipole moments as a result, the later of which increases the size of the CNTs work function
to as high as 5.1 eV [211].
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Figure 4.6: Work function alignment of some common contact metals (reproduced from
Nosho et al. 2006 [209]).

Lastly, due to defect induced localised states above and below the Fermi level, it has
been shown that nitrogen-doped carbon nanotubes can behave as n-type conductors
whilst boron-doped tubes can behave as p-type conductors [132,212,213]. In particular,
these atomic substitutional dopants can be used to change the majority of carriers
from p-type to n-type, in analogy with bulk semiconductors such as silicon. These
results emphasise the importance of doping in the development of novel carbon based
nanoelectronic devices.

4.5.3

Optical

The presence of a direct bandgap and multiple VHS pairs in the density of states
of defect free SWCNTs allows for a wide range of interband electronic transitions to
occur in both semiconducting and metallic tubes (see Fig. 4.5). In particular, studies
S
S
M
suggest E11
, E22
, and E11
predominate in the photon absorption and emission pro-

cess [214–216]; and with corresponding wavelengths ranging from 200 to 3000 nm, this
makes the nanotubes ideal for optical and optoelectronic applications [176]. Indeed,
under an externally applied bias, an induced photocurrent resulting from charge carrier generation from infra-red (IR) through to ultra-violet (UV) absorption has been
observed in the development of numerous CNT-based photodetectors [44–54, 216].
However, care must be taken in assessing the origin of the photoresponse since it
is proposed for many thin CNT films that joule heating is responsible, whereby the
change in conductance observed is a result of the temperature dependence of the film’s
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resistance [52]. This is attributed to the fact the thermal conduction of SWCNTs is
not limited by the intertube junctions which restrict the thermal and electrical conduction in the case of SWCNT bundles and films. In addition, the p-type doping
effect of oxygen molecules on semiconducting carbon nanotubes in air (as discussed in
Sec. 4.5.6) leads some researchers to believe optical illumination can cause a reduction
in the number of the hole carriers through molecular photodesorption [46, 217]. If
this is the case, the change in sample conductivity is a net change, requiring careful
deduction of the process responsible for the signal observed.
Of particular note, the dependence of the nanotubes band gap on its diameter
enables easy tuning of the photodetector’s spectral range via controlled CNT growth.
In addition, the presence of a limited number of defects has been found to enhance
photoconductivity by introducing additional energy states in the band structure, thus
allowing for more of the interband transitions required for electron-hole pair generation
[50].

4.5.4

Mechanical

Graphene’s strong in-plane covalent bonds are believed to be the strongest atomic
bonds found within an extended system in nature [174]. By extension, CNTs will
exhibit exceptional mechanical properties as their atomic monolayer gains strength
by allowing sp2 carbon atoms to rehybridise upon subjection to out-of-plane distortion [218]. This is verified by experimental measurements of Youngs modulus (a measure of stiffness) which demonstrate that both single and multi-walled CNTs are much
stronger than any other material known, with mean values found to range from 800 to
3100 GPa and 1300 to 2100 GPa respectively [219–224]. Dependent on tube chirality
(zigzag tubes are less stiff than armchair tubes), the wide-range in reported values
can be attributed to variances in tube quality that result from their synthesis, pu-
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rification, and disaggregation as well as the difficulty in manipulating these objects
at the nanoscale. For instance, the Young modulus of nanotubes produced by CVD
was determined to be two orders of magnitude smaller than the less defect affected
nanotubes produced by arc-discharge or laser ablation [223].
In the elastic (linear) regime described above, essentially no dependence on the nanotube diameter or structure is found [174]. However, given the expectation that nanotubes will eventually be used in the reinforcement of composite materials, is it equally
important to observe their response under plastic deformation. Indeed, experiments
have shown that nanotubes are extremely resilient beyond the proportional limit, with
irreversible changes to their atomic structure setting in only at extreme loads. For instance, the tensile loading of SWCNT bundles resulted in a tensile strength ranging
from 13 to 52 GPa [224, 225]. On average, this is over 20 times the tensile strength of
typical high-strength steels. In the same vain, the tensile strength of MWCNTs was
found to vary between 10 and 66 GPa with only the outermost layer broken during the
testing process, the inner layers being pulled out like a sword from its sheath [226,227].
Since carbon nanotubes have a low density for a solid (∼ 1.3 g/cm3 [165]) its
specific strength is also the best of any known material. However, because of their
hollow structure and high aspect ratio, CNTs are not nearly as strong when placed
under compressive, torsional, or bending stress, instead tending to kink or collapse
under too large a load. This is evidenced through repeated buckling measurements on
the same MWCNT under compression, which set a lower bound on the nanotubes yield
strength of 1.7 GPa [228], at which point kinking occurs (corresponding to a bending
angle larger than 45°). Beneath this value the ensuing changes are fully reversible,
highlighting the CNTs extreme flexibility [229].
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Thermal

Unlike its electronic and mechanical properties, the thermal properties of CNTs have
not been extensively studied within the scientific fraternity. However, it is known
that the thermal application of carbon fibers is due to their low coefficient of thermal
expansion [230]. In addition, with a low density of free electrons, the specific heat
and thermal conductivity of CNTs is known to be dominated by phonons, as occurs in
other carbon systems [165]. In particular, the specific heat of SWCNTs and MWCNTs
almost exactly match the linear behaviour of graphene [231, 232], except at temperatures below 10 K where the quantised phonon structure and stiffening of the acoustic
modes will cause the specific heat of a nanotube to differ from that of its 2D planar
counterpart [174].
In graphite, the in-plane thermal conductivity is limited by the small crystallite
size to give a value near 2000 W/m·K at room temperature [233]. High purity CNTs
on the other hand, with their long-range crystallinity and long phonon mean free path
produce a room temperature value greater than 3000 W/m·K along the tube axis [234],
the highest observed in any material.

4.5.6

Chemical

CNTs are insoluble in water due to their nonpolar nature and high aspect ratio; and
when combined with their flexibility, have an affinity to aggregate into closely packed
bundles [218]. For characterisation purposes (by means of Raman, electronic, and
optical spectroscopies) and to realise their large surface area potential, disaggregation
is essential. By adding the CNTs to an aqueous solution, sonication can be used
to break up the large CNT bundles before the hydrophobic CNTs are solubilised
and dispersed via a chemical modifier added to the solution, such as a surfactant or
biopolymer [235, 236].
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CNTs are not especially reactive but dangling bonds present at structural defect
sites in the side-walls of the atomic lattice allow for chemical adsorption of intact and
dissociated gas molecules [237].∗ However, the physical adsorption of gas molecules
(such as H2 0, N2 , H2 , O2 and Ar) through weak Van der Waals forces of attraction is
much more likely due to the reduced binding potential that needs to be overcome [238].
In particular, the binding strength of the physisorption interaction is generally less than
0.5 eV [149], whereas the binding energy of the chemisorption reaction tends to be at
least 1.5 eV or greater [239]. Because of adsorption, a charge-transfer induced change
in Fermi energy is created in the CNTs local chemical environment (the molecules
act as electron donors or acceptors), thus producing a change in CNT conductivity
[148]. It is this later fact that makes SWCNTs especially good candidates for gas
filtration and sensing, although it is only the semiconducting nanotubes which exhibit
a change in electrical conductance due to the molecular doping [217]. For example,
oxygen adsorbs onto SWCNTs under ambient conditions with a binding energy of
∼ 0.25 eV and oxidises the nanotubes by withdrawing one tenth of an electron per
oxygen molecule [217]. As a result, semiconducting SWCNTs are no longer intrinsic
in air but appear hole doped, giving rise to their p-type conduction properties. Where
electron transfer is not possible, as in the case of such inert gases as N2 and He, the
change in conductivity is attributed to a reduced charge carrier mobility caused by
increased scatter phenomena at the dynamic defect states associated with the adsorbed
gas molecules [149].

∗

Although they are not especially reactive, CNTs can functionalised by incorporating certain organic
or hydrogen-based compounds onto their side walls [218].
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Limitations and challenges

Having discussed the main properties of CNTs above, it is clear that they provide
a fundamentally attractive material for technological application in the nanoscopic
domain. Indeed, single tube devices that can exploit these properties, such as the
SWCNT field effect transistor, will show superior performance in various figures of
merit [71, 240]. However, there remain numerous challenges that have to be overcome
before their full potential can be realised. In particular, such devices have very poor
reproducibility and their fabrication techniques are not yet scalable for mass production [80]. These distinct limitations can be attributed to the fact there is no method
at present to consistently synthesise or sort SWCNTs of a bridled chirality [176, 198],∗
and the assembly and connection of these individual nanotubes to metal electrodes
(or other mechanical parts) remains difficult [139, 209]. As such, there is a great need
to somehow control the tubes chirality, length, crystallinity and purity, as well as improve fabrication techniques, and all whilst driving the cost of their production down.
Thus, the development of either:
i. a detailed theory outlining the growth mechanism of CNTs, or
ii. a new separation technique that enables high-purity, low-cost, and large-scale
processing, is required.
The former is not well known at present but recent work by Liu et al. suggest the later
could soon be realised through simple gel chromatography [244]. But such purification
itself is likely to change the structural surface properties of CNTs, affecting their
inherent electrical, mechanical and chemical properties as a result [165]. This is in
∗

Although the separation of metallic and semiconducting SWCNTs via selective dispersion or chemical
functionalisation is now possible [241, 242], it is extremely difficult to perform high-purity chirality
separation and refinement at the large scale as the CNTs require careful treatment for a long time
and expensive reagents [176, 198].

The price of purchase for pure and high quality SWCNTs with uniform characteristics can extend to
upwards of $2500 per gram [243].
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addition to the imposed difficulty of growing high quality defect-free nanotubes to
macroscale lengths with the current synthesis methods used [245]. It is imperative
then that a thorough understanding of the growth mechanism of CNTs is developed
in order to optimise the CNT synthesis process, allowing for the mass production of
structurally perfect nanotubes with controlled chirality in a cost-efficient manner [186].
Even so, the challenge still remains of retaining much of the tubes unique properties
in devices fabricated at the macroscopic level.

4.6

Macroscopic CNT Systems

As mentioned previously, the physical composition of CNT’s are unable to be reproduced by current methods of production, ensuring an unpredictability in the output
behavior for any manufactured device based on individual tube/s. This is in addition to the fact that their fabrication techniques are not yet scalable for mass assembly. Fortunately, the effects due to individual variations in tube chirality, quality
and electrode connection may be suppressed by the ensemble averaging of a large
number of tubes in thin CNT film designs [80, 82]. With a large sensitive area, the
potential for application of such films is extended to the macroscopic level, and they
show great promise for simple mass production at low cost and high efficiency due
to their ease of fabrication [81, 82]. Indeed, their use as diodes [133, 134], field effect transistors [136, 137, 208], field-emission devices [155–157, 160], conductive electrodes [246–248], and transparent electrodes [82, 249] has undergone extensive study,
whilst they also have shown to produce a much higher sensitivity in nanotube based
photodetectors [44, 46, 48–51, 53, 54, 216] and gas sensors [144–146, 148–150].
There are several methods for fabricating isotropic nanotube films onto desired
substrates, including drop casting from solvents [250], spin coating [79, 251], spray
coating [249, 252] and quasi-Langmuir-Blodgett deposition [253]. If a specific CNT
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alignment is required to enhance the film’s electrical and thermal properties, given the
anisotropic conducting nature of individual tubes, the methods of dip-casting [254], gas
flow cells [255], direct CVD growth [196], and domino-pushing [256] may be used. For
example, it has been shown that the electrical conductivity parallel to the orientation
of a CNT/polymer composite is approximately 2 to 3 orders of magnitude larger than
the conductivity perpendicular to it [257]. Removal of the substrate then results in
free-standing CNT films, also known as “buckypaper”, which is evidently just a thin
paper-like sheet made from a conglomeration of carbon nanotubes [190]. However, the
end product from such methods mentioned often lack homogeneity, uniformity, and
thickness controllability, and can also be subject to clustered CNT aggregation due to
van der Waals interactions between nanotubes [82].
Buckypapers which are uniform and homogeneous are easily produced by vacuum
filtering a dilute sonicated solution of dispersed SWCNTs over a synthetic porous
membrane [82].∗ With thicknesses between 20 and 120 µm usually produced, such
films will consist of a random tangled network of SWCNT ropes and bundles (as well
as some individual tubes) joined together by non-covalent bonds [236]. In addition, by
applying a strong magnetic field during filtration, the CNTs can be forced to align in
the direction of the magnetic field, thus creating a directionally orientated sample [258].

4.6.1

Percolation phenomena in thin CNT films

Remembering present growth technology yields approximately 1/3 metallic and 2/3
semiconducting tubes, a percolation phenomenon sees electrical current flow primarily
through the metallic tubes so long as they intersect to form continuous electrical paths
between the contact electrodes [82, 135, 143, 259]. That is, the thin film will become
∗

As investigated by Boge et al. (2009), the buckypapers density, thickness, conductivity, strength, and
surface morphology is all somewhat influenced by variations in sonication time, dispersion volume,
and dispersant used [236].
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metallic if the density of metallic nanotubes exceeds a percolation threshold ρth given
by:
ρth ∼

1
2

(4.14)

L

where L is the average length of the nanotubes [79]. Due to the film conductivity being
controlled by quantum tunneling at the metallic intertube junctions [80], film resistivity
is observed to decrease with temperature [80, 256, 260, 261]. Even so, the intersection
of two metallic SWCNTs forms a good electrical contact of low resistance (∼ 250 kΩ)
[262]. In particular, multiple paths that result from an increased nanotube density
will reduce film resistance through the presence of multiple parallel resistors. As such,
conductivities upwards of 105 S/cm have been observed in thick CNT films [81, 260].
However, at large enough current densities, the buckypaper will breakdown due to
rapid oxidation of the CNTs by joule heating, although substrate contact can increase
current-carrying capacity by several orders of magnitude due to improved thermal
dissipation [261]. Regarding its thermal properties, inter-tube thermal conduction is
shown to reduce the room temperature thermal conductivity in aligned and disordered
thin CNT films to approximately 200 W/m·K and 35 W/m·K respectively [258].
In less dense CNT networks, the probability of all metallic tube paths is quite low
such that the thin film will become p-type semiconducting (due to oxygen adsorption in air [135, 136, 263]), with the conductance limited by the increased resistance
of Schottky barriers formed at the contact junction of metallic and semiconducting
tubes.∗ With an intertube resistance upwards of 100 MΩ, four orders of magnitude
larger the resistance of the tubes themselves, the charge carrier mobility is reduced
to between 10 and 100 cm2 /(V·s) within the CNT network [82], thus reducing the response time constant for photodetection application [52]. If the total nanotube density
falls below the percolation threshold, the film transits from conductive to nonconduc∗

The intersection of metallic and semiconducting SWCNTs forms a Schottky barrier with height about
one half of the band gap of the semiconducting nanotube [262].
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tive status due to disconnection in the CNT network. To remove the presence of
metallic nanotubes, post-growth separation via chemical functionilisation is required
since the other methods of selective dispersion and selective burnout are not scalable
for macroscopic film production [242, 264].
While both random and aligned forms of SWCNT buckypaper can be fabricated by
post-treatment vacuum filtration, the relatively low strength and brittleness of these
films is a major problem for their application. In addition, the surfactant coatings
may induce some organic contaminants [213], whilst the assembly line may add some
dopant impurities, both of which modify the films electronic and optical properties as
well as hampering inter-sample reproducibility. However, direct synthesis of a tough,
flexible, freestanding SWCNT film with varying thickness (between 100 nm and 1 µm)
and preferential alignment has been realised by Song et al. (2004) via floating catalyst
chemical vapor deposition (FCCVD) [265]. This increase in strength is attributed
to the firm inter-tube connects formed throughout the CNT network by the high
temperatures used in the fabrication process — as compared to the relatively weak
contact bondings formed by vacuum filtration.

4.6.2

Other macroscopic forms

In addition to thin CNT films, the fabrication of macroscopic nanotube products such
as fibres and yarns are also currently being extensively studied within the scientific
fraternity. Due to their promising mechanical properties and low density, such forms
appear to be particularly useful as potential building blocks for high-performance
nanocomposite materials [213,266]. For instance, the addition of SWCNTs to polymer
fibres has been shown to increase the Young modulus by two orders of magnitude [77].
However, the challenge of retaining the super-mechanical properties of individual CNTs
when assembled as macro-architectures remains.
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Interaction with Ionising Radiation

In Chp. 2 the reader was introduced to the fundamental interaction mechanisms of xrays and energetic electrons in matter. Indeed, ionising radiation may activate many
diverse physical and chemical effects in the absorbing medium, such as: electronic
excitation and ionisation, heat generation, breaking of chemical bonds, atomic displacement, and nuclear reactions. Since the probability of such events occurring is
dependent on the radiation type, the target, and the irradiation conditions imposed, a
review of the literature is now provided to help elucidate the specific effects of ionising
radiation on systems comprised of carbon nanotubes. In this way, one can hope to
correctly interpret the dosimetric response of a CNT-based detector under therapeutic
irradiation.
The energy that goes into excitation and ionisation of the nanotubes constituent
carbon atoms leads to the creation of electron-hole pairs in semiconducting tubes,
increasing electrical conductivity under an applied bias as a result. This process is
fully reversible and leaves no damage to the hexagonal lattice structure [86].∗ Similarly, electronic delocalisation ensures no structural damage results from excitation
in metallic nanotubes, although any increase in conductivity is largely diluted by the
pre-existing conduction electrons [72]. On the other hand, elastic interactions between the incident charged particle and carbon nucleus will cause the corresponding
atom to be displaced from the nanotube lattice, thus creating various atomic-scale
defects [55]. Annihilation of vacancy-interstitial pairs ensures most point defects disappear on a submicrosecond timescale after the impact, although some defects may be
quenched into a metastable state, the likes of which can only be thermally annealed
under high temperature (> 300) via increased interstitial mobility or dangling bond
∗

If the excitation energy is highly localised then there is a possibility of bond-breakage, although the
high thermal conductivity of CNTs makes this effect extremely rare [67].

The displaced carbon atom can either take a interstitial position in the nanotube lattice or leave the
system.
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saturation [67].∗ A coalescence of vacancies due to the continuous loss of atoms will induce irreversible structural damage through CNT shrinkage, breakage, disintegration,
and collapse [55].

4.7.1

Types of radiation induced defects

The most prolific irradiation-induced defects in CNTs are vacancy-interstitial pairs,
also known as Frenkel pairs, whereby adatoms play the role of interstitials in isolated
SWCNTs [267]. Due to the self-propensity of carbon atoms to produce hybridised
covalent bonds, energetically unfavourable dangling bonds that result from the vacancy
produced are then saturated to form (in general) pentagons and heptagons in the sidewalls of the atomic lattice [268]. Incomplete annealing of the atomic structure after
annihilation of a Frenkel pair acts to produce two pairs of pentagons and heptagons
in the hexagonal network known as Stone-Wales defects [67].
The structural defects described above heavily affect the electrical, optical, mechanical and thermal properties of carbon nanotubes, but not always to disadvantage.
For instance, studies of controlled electron and heavy-ion irradiation have shown to
improve the load transfer (and thus the tensile strength and modulus) of MWCNTs,
CNT fibres, and buckypaper samples due to the strong covalently bonded cross-links
that form from the saturation of dangling bonds present at the vacancies between
adjacent CNT shells [57, 63–66]. This cross-linking effect also provides the potential
to create novel functional nanoelectronic devices such as SWCNT diodes and rectifiers [132, 174]. Similarly, small to moderate irradiation doses from electrons, protons
and heavy ions and have shown to improve electrical conductivity in SWCNT ropes
and thin CNT films, also as a result of inter-shell bonding, since the passageway of
conduction electrons is increased [57,59,62]. However, at a certain defect density, coa∗

A dangling bond is simply an incomplete atomic bond [121].
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lescence of vacancies will cause the interconnected CNT structures to collapse, thereby
degrading the conductivity by upwards of several orders of magnitude as radiation dose
is further increased [67].

4.7.2

Influence of nuclear elastic scattering

The contribution of elastic scattering from atomic nuclei in the slow down of charged
particles is characterised by the nuclear stopping power Snuc , such that:
Scol Srad Snuc
Stot
=
+
+
ρ
ρ
ρ
ρ

(4.15)

However, its effect in the above equation only becomes important for relatively slow
and heavy ions [67], ensuring its omission in Eq. 2.31 is accurate for the purpose of
characterising electron interactions in matter. Indeed, previous studies confirm that
the structural damage to single- and multi-walled CNTs by low LET radiation such as
x-rays, γ-rays, electrons, and protons is minimal [71–76, 269]; this is unless of course
a highly intense beam that is sustained for long periods of time is used, as is the
case for in-situ measurements performed under an electron microscope [62, 68–70].
The radiation hardness can be attributed to the strong covalent bonds that reside
between neighbouring carbon atoms, with roughly 20 eV (the Wigner energy) required
to displace one such atom in any energy transfer event [67]. Due to the small mass
of the impinging electron, this equates to a threshold energy of about 86 keV for such
knock-on damage to occur [69],∗ the threshold reducing as the mass of the incident
particle increases for reasons of momentum conservation. In fact, changes in the
structural properties of thin SWCNT films and polymer nanocomposites were only
observed to become appreciable after gamma and electron irradiation doses of 170 and
∗

An accelerating potential no greater than 100 kVp for routine imaging of CNTs in electron microscopes
is recommended, with 80 kVp optimal, in order to reduce the likelihood of structural damage occurring
from the electron bombardment [69].
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59 kGy respectively [77, 78]. These values are well beyond the limits deliverable in
radiation therapy, suggesting an enhanced durability, and result since the spectrum of
secondary electrons produced in the surrounding phantom material medium generally
have an energy much lower than the knock-on threshold.

4.8

Potential Applications in Radiation Dosimetry

By extension of their optical sensing capabilities and radiation hardness, it is no mean
stretch to suspect that CNT-based detectors can be equally effective in the detection
and measurement of high energy ionising radiation for use in medical radiation dosimetry. In particular, given carbon is non-toxic inside the human body, a CNT-based
dosimeter has the potential to be used for intracavitary purposes in vivo [230]. However, some medical data shows the crossing of carbon nanotubes across cell membrane
barriers may induce harmful inflammatory and fibrotic reactions [270–272], suggesting
great care must be shown in their design, both for the patient and the handler of the
device.
From the discussion in Sec. 4.5.3, it would appear then that three fundamental
mechanisms could be largely responsible for any real-time irradiation induced response
observed for a hypothetical CNT-based detector. Namely, they include:
i. The interband transition model, whereby the response is attributed to electronhole pairs generated within the semiconducting nanotube component, the likes of
which enhances the concentration of free charge carriers and thus the conduction
properties of the device.
ii. The bolometric model, whereby the energy of the absorbed ionising radiation
is efficiently transferred to the crystal lattice of the sensing elements, thus increasing temperature which is known to reduce the resistance of CNT-based
films [80,256,260,261]. This effect is less likely in single tube based devices since

4.8. Potential Applications in Radiation Dosimetry

98

the thermal conduction is not limited by intertube junctions [52].
iii. The chemical reactivity model, whereby the irradiation desorbes oxygen molecules
from the surface [46, 217], or causes adsorption of ions produced in the air onto
the nanotube surface due to dangling bonds present at structural defect sites
in the side-walls of the atomic lattice [67, 237]. Both of these effects create a
charge-transfer induced change in Fermi energy, thus producing a corresponding
change in electrical conductivity [148].
For any response observed, careful deduction of its origin would then be required.
Indeed, preliminary results of a dosimeter based on the design of a conventional nMOSFET, but which replaces the p-type silicon conducting channel with a semiconducting SWCNT, was able to display a shift in the gate’s threshold voltage that is
linearly proportional with dose when irradiated under a 6 MV x-ray beam [71]. This
shift is directly attributed to the build up of positive charge as holes become trapped in
the insulating oxide layer, the nanotube itself displaying no sign of induced radiation
damage. But for reasons unclear to the authors, incorporation of the nanotube was
able to provide a sensitivity two orders of magnitude larger than that of the standard
MOSFET design. It was proposed, however, that the x-ray irradiation may effectively
be reducing the electrode work function, thus increasing the Schottky barrier height
for hole transport and lowering the Schottky barrier height for electron transport.
In addition to the CNT MOSFET design, a nanotube formed by joining nanotubes
of two different diameters end-to-end can act as a pn junction diode [76, 133, 134, 273].
This suggests the possibility of constructing a CNT diode dosimeter whose physical
mechanism for the measurement of radiation dose would be similar to that performed
by conventional p- and n-type silicon diode detectors. However, the application of such
single tube detectors (which are prone to irreproducibility) to the practical level required to measure the absorbed dose for quality assurance purposes in the radiotherapy
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department remains a nontrivial subject.
To improve reproducibility and ease of manufacture, a transparent SWCNT film
of monolayer thickness (known as FlexDosTM ) has been designed by Ma and Yeow et
al. (2008) for use as a real-time in vivo dosimeter in conventional x-ray and electron
therapy [79]. US patented [83] and commercially manufactured by ARTsensing Inc
[84], the low density of nanotubes deposited on the Teflon substrate approach the
percolation limits for which an electric current under an applied bias will exist. This
creates a very high resistance device which, when under high-energy irradiation, is
observed to induce a temporary change in electrical conductivity at the bias potential
applied. Exhibiting a sublinear proportionality to dose rate [79], the signal itself is
attributed to the creation of electron-hole pairs in semiconducting tubes, and presents
an exciting development in the field of medical radiation dosimetry if the CNTs are
indeed responsible for the change in current observed. For this reason, four of the
devices were purchased as a major research component in this thesis, with the aim
of verifying the results obtained by the inventors, characterising their response under
therapeutic irradiation, and testing for reproducibility. A detailed description of the
device, the advantages it offers, and a summary of the measurements performed and
results obtained are provided in Chp. 6.
Further to the FlexDos dosimeter whose flexibility allows it to conform to complex
body structures in vivo, ARTsensing Inc. has incorporated a number of the thin film
devices into an array known as TransDosTM . Such an array is purpose built for linac
beam and pre-treatment quality assurance [84], offering the specific advantage of 2D
spatial dose distribution measurements. The inventors Ma and Yeow have also developed a prototype dosimeter based on carbon fiber as the sensing medium, whereby the
carbon fibres are randomly deposited to form a thin freestanding film [230]. Again,
an increase in conductivity is observed during x-ray irradiation, which is said to be
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a result of excitation of bound electrons into the conduction band. However, this explanation appears counter-intuitive since the metallic conducting nature of the carbon
fibres [274, 275],∗ combined with the increased bulk density of the carbon fibre sheet,
should see any increase in conductivity largely diluted by the pre-existing conduction
electrons [86]. This is in stark contrast to the less dense CNT network of the FlexDosTM
dosimeter, where the probability of all metallic tube paths is so low such that the thin
film will become p-type semiconducting and thus be able to record a measurable increase in the charge carriers produced. Since the response of the carbon fiber device
is not negligible, and given no control measurements seem to have been performed by
the authors [230], it suggests that the explanation for the signal observed needs further
investigation. As such, freestanding SWCNT buckypaper fabricated at UOW’s own
intelligent polymer research institute (IPRI), and with a nanotube density well above
the percolation threshold, is probed for its potential to produce a measurable response
during irradiation. A summary of the measurements performed and results obtained
are provided in Chp. 7.
Aligned thin CNT films have also created the potential to miniaturise traditional
ionisation chambers and lower the voltages required for ion saturation when used as
electrode materials [276–281]. This is because the sharp tips at the end of carbon nanotubes generate enhanced and very high electric fields at relatively low bias [276, 282].
To improve sensitivity at the small volumes proposed, a high pressure gas would need
to be supplied, but their application in vivo and for microdosimetry purposes would
be particularly advantageous. However, the superiority of a reduced bias potential
for ion saturation has yet to be realised, attributed to impurities present in the CNT
film [279, 280].

∗

Carbon fibers show good thermal and electric conductivities due to the parallel alignment of graphene
layers along the fiber axis in correspondence with the high content of delocalised 2p orbital electrons
[274].
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Passive dosimetry potential

Although rare, structural damage can and does occur in CNTs from electron and
photon irradiation at fluence rates typical in conventional radiotherapy [60, 61]. This
introduces localised energy states into the band structure around the Fermi level which
may trap charge carriers in semiconducting tubes [72, 86]. And when combined with
the influence of atomic scale defects produced during growth and fabrication, some
interesting results for their application as passive integrating dosimeters results:
i. If irradiation damage is negligible, then liberated charge which becomes trapped
at inherent vacancy centres may be able to to induce a thermally (or optically)
stimulated response which is proportional to the energy deposited. Indeed, both
SWCNTs and MWCNT bundles have been found to emit light from interband
recombination of electron-hole pairs [283], although there seems to be a general consensus in the literature that metallic nanotubes within a thin film can
quench electronic excitation on adjacent semiconducting tubes, preventing their
luminescent response [284].
ii. If a low defect concentration is introduced by irradiation, then the point defects
produced are known to be paramagnetic, increasing the spin polarisation density
that exists in the band structure [285–288]. In this case, the spin of the unpaired
electrons can then be separated in two quantum mechanical energy states in
the presence of an externally applied magnetic field, from which an energy absorption spectrum can be measured around the resonant frequency. And similar
to alanine/EPR dosimeters, the amplitude of the derivative of this EPR signal
should then be able to provide a proportional measure of the energy deposited.
Indeed, such effects have been measured from electron [72], proton [289] and
heavy ion beams [290, 291].
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Summary of potential benefits

Following on from the discussion above, the incorporation of CNTs for use in medical
radiation dosimetry has the following potential advantages:
 Tissue-equivalence,
 High spatial resolution,
 Radiation hardness,
 Real-time, passive, and in-vivo functionality.

Chapter 5
Experimental Part I: Diamond
5.1

Introduction and Aims

To ascertain the cause of the real-time physical response of diamond detectors and
carbon nanotubes under therapeutic x-ray and electron irradiation, a review of the
scientific literature and theory behind their use was afforded to the reader in the previous two chapters. As radiation dosimeters, it was discussed in Chp. 1 that the desire
for their study of course resides in removing the need for an energy dependent correction; this is especially so given their potentially small size extends their use to the high
dose gradient regions employed by such treatment modalities as intensity modulated
radiation therapy (IMRT) and the newly developing microbeam radiation therapy
(MRT). It follows then that with three types of novel tissue-equivalent detectors to
be investigated in this thesis — including the boron implanted single crystal CVD diamond, FlexDosTM and SWCNT buckypaper — that the next three chapters will be
used to detail the research carried out on each detector in its own right, including the
experimental aims, methodology and results obtained.
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Focusing on the boron implanted single crystal CVD diamond detector, which has
a theoretical edge-on spatial resolution of approximately 1.5 µm and is specifically
designed for use in MRT, the current chapter aims to:
1. Explore the online signal response of the device under conventional x-ray irradiation to determine its suitability for use as a ultrahigh-resolution real-time
dosimeter. This includes investigating its priming effect, stability, repeatability,
bias dependence, sensitivity and dose-rate dependence.
2. Compare the energy dependence of the novel diamond device under low-energy
x-ray irradiation with that of a silicon microstrip detector (SMD).
With regards to the second aim, the SMD with its high Z value is already undergoing
preliminary testing by CMRP for its application as a pre-treatment quality assurance
tool in MRT [292–294]. However, with the low photon energies employed, work on the
detector at present suggests there is a great need for energy dependent correction in
percentage depth-dose measurements due to changes in the x-ray spectra with depth.
In addition, the detector’s measurement of the cross-beam dose profile is subject to
dose enhancement effects between intensive x-ray microbeams due to a softening of the
photon spectrum. The idea then is to showcase the improved energy response (and
thus dosimetric accuracy) that should result from utilising diamond as the sensing
medium. This means ensuring the diamond detector design and construction has
minimal influence on the real-time response before it is subject to further testing and
modification for its potential use in MRT.
Since the dosimetric principles of MRT are yet to be reviewed in this thesis but
yet motivate a significant contribution of experimental work to this chapter, a brief
summary of the MRT treatment modality is now provided.
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Microbeam Radiation Therapy

Microbeam radiation therapy (MRT) is an experimental form of radiosurgery which
explores the limits of the so called dose-volume effect; that is, the smaller the irradiated
field size, the higher the tolerance of the normal tissue to the development of adverse
complications [295].∗ It does this by exposing the tumour and surrounding tissue to a
parallel planar array of sub-millimeter intensive synchrotron generated x-ray beams of
extremely high dose rate (∼ 20 kGy/sec), with each rectangular shaped beam extending to widths generally no greater than 100 µm [297–299]. In doing so, a very high peak
dose is delivered by each microbeam in either one (unidirectional) or two (orthogonal)
fractions and within a very short amount of time, reaching upwards of 700 Gy at the
surface for therapeutic application [292]. However, with a microbeam pitch between
200 and 400 µm, those cells lying in the spacing between adjacent microbeams (known
as the valley regions) also receive a dose, be it a much smaller one, from the contribution of Compton scattered photons and secondary electrons which exit the primary
beam paths [300]. To limit the range of the secondary electrons produced, the filtered
x-ray beam is accommodated with a fixed energy spectra spanning from about 50 to
350 keV (with a maximum intensity of 83 keV and a mean energy of 107 keV), whilst
beam divergence is minimised by inputing the multislit collimator used to create the
microbeam array far downstream from the wiggler radiation source [30]. In this way,
the majority of the dose to tissue is confined to the regions set by the collimator, as
evidenced by the steep lateral dose gradients and sharp penumbra of each microbeam
used [301]. For a more detailed technical description of the radiotherapy setup, the
reader is referred to the following texts [302], [303], and [304].
Still in the beginning of its evolution as a new treatment modality in radiation
∗

The tolerance doses for deterministic effects remain almost constant for the different field sizes until
a certain threshold is reached at the sub-millimeter scale, below which the tolerances dramatically
increase [296].
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therapy, numerous pre-clinical trials performed on small animals at the European
Synchrotron Radiation Facility (ESRF) in Grenoble, France and the National Synchrotron Light Source (NSLS) in Upton, New York have proved the advantage of
MRT derives from the high tolerance of normal and developing tissue, including skin,
to large amounts of ionising radiation in very small volumes [301, 305–315]. This is
opposed to the irreparable damage observed in the multiple microscopic segments of
irradiated cancerous tissue. Restricting the damaging effects of absorbed dose to the
target in this way would thereby increase the therapeutic ratio and be particularly
useful for the treatment of inoperable malignant brain tumours, as originally proposed
by Slatkin et al. in 1992. Indeed, if the efficacy of proposed clinical trials on dogs
are successful, MRT may offer an alternative to the more conventional types of radiotherapy which doctors may deem inadequate or unsafe due to the normal tissue
complications that can result [299]. This is especially so in infants where the collateral
damage of broad x-ray beams in the child’s developing brain bear unacceptable risks
of long-term neurological disability [298, 316, 317].
Whilst not well understood, the radiobiological basis for the normal tissue sparing
effect described above is believed to stem from the rapid biological repair of damaged
tissue due to a migration of some endothelial stem cells from the minimally irradiated
microvasculature within the valley regions [308, 309, 312]. It follows then that the
valley dose is kept to a minimum to preserve the normal tissue architecture, as shown
in Fig. 5.1. Conversely, differences in the basement membrane and cellular physiology
of a tumour’s microvasculature reduce their ability to repair the damage inflicted
by the microbeams before cell death results [297]. Combining this effect with the
tumour’s already poor vascular structure then starves the surviving cancerous cells
of oxygenated blood, causing the tumour to die. Based on these hypotheses, the
effectiveness of MRT may be determined by the peak-to-valley dose ratio (PVDR)
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i.e. the ratio of peak dose to that measured at the center of the adjacent valley.
Preliminary testing at ESRF with an array of 50 µm wide microbeams at a 200 µm
pitch resulted in PVDRs of a few hundred at the surface of a water phantom, which is
considered suitable for MRT applications [318]. This value may be increased by using
narrower microbeams separated by a wider spacing, a desirable effect since a high
PVDR maximises the spatial fractionisation benefit [319]. However, the PVDR will
always deteriorate with depth due to the relative increase in production of multiply
scattered low-energy photons entering the valley regions [30, 300, 320, 321].

Figure 5.1: Illustration of a partial x-ray microbeam array whose high dose regions are
used to damage the tissue microvasculature (reproduced from Orion et al. 2000
[320]).

To prevent the effective lateral spreading of microbeams by the cardiosynchronous
movement of tissue, which would otherwise decrease the PVDR, the therapeutic dose
must be delivered in the smallest amount of time possible [292]. This is the reason an
intense synchrotron x-ray source is used, since the accessibility to dose rates as high as
20 kGy/sec allow for treatment times less than a few hundred milliseconds. To adjust
the dose to the object, the duration of the delivered radiation pulse is regulated by a
fast shutter system which is located upstream from the multislit collimator [322].
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Radiation dosimetry in MRT

The importance of measuring the PVDR to provide a quantitative assessment of the
quality of the radiation field in MRT is paramount for its effective delivery, particularly in maintaining normal tissue architecture and for verifying the theoretical (Monte
Carlo) methods employed [319]. However, the micrometer size of x-ray beams, combined with their high dose rates, steep lateral dose gradients, and wide dynamic range
makes the real-time measurement of dose distributions for pre-treatment and in vivo
quality assurance an ongoing challenge. Indeed, a necessary spatial resolution of approximately 1 µm to prevent dose-volume averaging effects renders most types of conventional detectors unsuitable for their dosimetric application in microbeam radiation
therapy [31].
Current methods for dosimetry in MRT use radiochromic film, calibrated by an
ion chamber in the wide (homogeneous) x-ray beam configuration,∗ to provide the
high resolution necessary to afford accurate information about the microbeam profiles [323, 324]. Although dose rate independent, the dose range from peak to valley is
outside the film’s dynamic range, requiring two separate irradiations to obtain measurements of both. In addition, intrinsic fluctuation of the dose response within a single
sheet of film, together with the non-linear response in the low-energy x-ray spectrum,
sees film plagued by an uncertainty as great as 8 %, much too high for accurate dosimetric measurements [292, 325]. Moreover, by taking up to three days for the film
polymerisation process to stabilise, the method is unsuitable for real-time dosimetry,
a pre-requisite for the advancemnt of MRT to clinical trial status on humans [293].
Alternative detectors investigated for use in MRT dosimetry due to their realtime application and high spatial resolution include MOSFETs [28–31, 326] and novel
epitaxial silicon diodes [292, 293], both of which are positioned in their edge-on con∗

The wide synchrotron x-ray beam configuration removes the presence of the collimator from the beam
line to produce a homogeneous field with no microbeams.
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figuration i.e. the detectors thin sensitive volume is aligned parallel with the direction
of microbeam propagation. Indeed, the exquisitely small thickness of the MOSFET’s
sensitive gate oxide (∼ 1 µm or less) has shown promise in measuring the PVDR when
scanned across the radiation field, although the devices integrative readout only allows near real-time acquisition of dose rate due to the differential of gate voltage
required [327]. Moreover, its practical use is limited by the large doses employed due
to fast saturation of its dynamic response. The epi-diode on the other hand, which is
named the silicon microstrip detector (SMD) and used as a comparative measure in
this thesis (see Sec. 5.3.1), offers the potential for microsecond real-time readout. However, its accuracy is limited by the 10 – 12µm thickness of its depletion region within
the 50 µm thick epitaxial silicon layer [293], the resultant dose-volume averaging effect
leading to a decrease in the measured PVDR. In addition, both forms of detector are
susceptible to:
 Charge recombination effects, particularly at low bias, caused by the significant

differences in dose rate within the microbeam’s peak and valley regions [292].
And;
 Dose enhancement effects in the valley due to a softening of the photon spectrum

between microbeams compared to that within the microbeams themselves [294,
319].
It is also worth while noting at the low x-ray energies used in MRT that the respective
sensitive volumes of the MOSFET and SMD have a thickness comparable to or greater
than the range of secondary electrons incident on them from the surrounding materials.
As such, the detector response is largely influenced by electrons generated from photon
interactions within the sensing volume itself, the base silicon substrates, and any other
high Z material used in their constructive design [31, 294, 326].∗ The increased chance
∗

Other high Z materials used in the constructive design could include any metallic contacts such as
Au, Ni, or Cu overlaying the sensitive volume of the detector as well as the use of any plastic or
ceramic packaging devices.
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of photoelectric absorption in the high Z elements will then increase the number of
secondary electrons crossing the sensitive volume, drastically increasing the detector
response as a result
Suggestions by Lerch et al. [292] to reduce the sensitive volume thickness of the
SMD to between and 2 and 5 µm through a silicon on insulator (SOI) design will help
reduce dose-volume averaging effects as well as charge recombination effects (since a
higher electric field can be applied in the sensitive volume under low bias). Extending
the single strip design to a multi strip one will then allow for the quick measurement
of the spatial dose profile, as well as provide online quality assurance through its
use as a transmission type detector upstream from the patient [328, 329]. The latter
in particular could enhance patient safety by generating a trigger pulse to shut the
system if a degradation of the microbeam intensity profile is sensed or the dose delivery
time is exceeded. Either way however, the dose enhancement effect still remains,
presenting the main challenge to be addressed in the use of silicon detectors for MRT
dosimetry [293].

Figure 5.2: Energy response of silicon and carbon with respect to the x-ray spectrum produced by the ESRF’s medical beamline, ID17 (adapted from Cullen et al.
2012 [294]). The variance in response at lower photon energies (as a result
of the increased chance of photoelectric absorption) is reduced for the case of
carbon due to its enhanced tissue equivalence.
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Detector Types Investigated

To overcome the dose enhancement effect common to all silicon detectors used in MRT,
as shown in Fig. 5.2, it is suggested by the author that using sufficiently thin (∼ 1 µm)
diamond wafers in an edge-on configuration be employed. A novel approach to the
construction of such a detector uses boron ion implantation as described below, its
dosimetric properties of which are to be ascertained in this chapter, thus providing an
initial examination of the detector’s suitability for use as in medical radiation dosimetry. For comparative purposes, the energy dependence of a silicon microstrip detector
is also investigated, its unique design and operational properties now described.

5.3.1

Silicon microstrip detector

The silicon microstrip detector (SMD), developed at UOW’s Centre for Medical Radiation Physics and custom designed for use in microbeam radiation therapy (MRT),
is a first generation prototype silicon diode produced from a 50 µm thick p-type epitaxial silicon layer (with nominal resistivity of 100 Ω·cm) grown on a lower resistivity
(0.001 Ω·cm) 370µm thick silicon substrate [292].∗ With an area of 20 × 900 µm2 , the
n+ silicon microstrip is surrounded by a n+ guard ring electrode positioned at a distance of 20 µm from it’s edges, and is embedded in the epitaxial silicon layer to form
a 1.0 × 1.4 mm2 silicon chip as shown in Fig. 5.3a. To minimise the influence of the
surrounding materials on the detector response, the silicon chip itself is infixed in a
kapton probe 600 µm thick, 10 mm wide and 300 mm long, as shown in Fig. 5.3b. To
measure the dose-rate response, the detector pads are connected to the probe tracks
by tab bonded aluminium deposits on a thin polyamide supporting substrate [293].

∗

The p-type diode is formed by doping impurities of a donor, with at least two orders of magnitude
higher concentration, into a region of the p-type substrate such that it creates an asymmetrically
doped n+ p junction [330]. The + symbol denotes the fact the n-type semiconducting region is
heavily doped.
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(c)

Figure 5.3: The silicon microstrip detector: (a) A photo of the SMD shows the
20 µm × 900 µm sized n+ silicon strip embedded at the centre of the
1.0 mm × 1.4 mm silicon chip, the chip itself infixed in the kapton probe. (b)
A picture of the kapton probe. (c) A schematic diagram of the SMDs cross
section (adapted from Petasecca et al. 2012 [293]).

At the junction between the n+ and p-type semiconductor materials, the region
is depleted of free charge carriers due to diffusion of electrons from the n-type to ptype silicon and holes from the p-type to n-type silicon. This accumulation of space
charge creates an in-built electric field of the order of 103 V/cm [24], preventing further
diffusion of the majority charge carriers. During irradiation, electron-hole pairs created
in or near the depletion region are then swept across the transition junction by the
electric field, forming an electrical current which is measured by the readout system.∗
This current is proportional (but not necessarily linear) to the dose rate in silicon and
the integration of this current will provide the corresponding absorbed dose [24]. It
follows that the epi-diode can be operated in passive mode or with reverse bias for
its dosimetric application [293], the latter increasing the polarising potential across
the junction and thus extending the length of the depletion region in order to satisfy
Poisson’s equation for electrostatics [86]. A schematic diagram of the diode’s cross
section is given in Fig. 5.3c.
The role of the SMD’s guard ring electrode, biased at the same potential (grounded)
as the n+ microstrip, is to confine charge collection to a very small but well defined
∗

Because the holes are swept into the p-type region and the electrons into the n+ region, the direction
of current flow is from the n-type silicon to the p-type.
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depletion region within the 50 µm thick epitaxial silicon layer, as required for the highresolution point dose measurements necessary in MRT. Indeed, with the SMD biased
at - 30 V, previous work which involved measuring a microbeam’s FWHM determined
the electric field established by a grounded guard ring will reduce the thickness of the
sensitive volume to between 10 and 12 µm in the direction of crystal growth [293].∗
In the face-on orientation however, and at the same biasing potential, the physical
specifications of the microstrip and guard ring were observed to limit the width of
the sensitive volume to approximately 60 µm. This is confirmed by ion beam charge
collection (IBIC) measurements performed on the device [293], with degradation of the
guard ring’s effectiveness in sweeping charge away from the depletion region tending
to result as the bias is reduced below about - 10 V [292].

5.3.2

Boron implanted single crystal CVD diamond detector

The diamond device tested for its dosimetric functionality in this chapter is the boron
implanted single crystal CVD diamond detector (or BIDD for short). Designed and
fabricated by the University of Melbourne in collaboration with CMRP, the first generation novel diamond dosimeter consists of an array of sensitive diamond volumes
(120 × 120 × 1.5 µm3 ) connected in parallel and realised on an insulating substrate
(3.5 × 3.5 × 0.3 mm3 ) of electronic grade ultra high purity type IIa Element Six single
crystal CVD diamond [331]. Compared to its polycrystalline cousins, where natural
diamond must be carefully selected and primed whilst its synthetic counterpart is also
subject to poor response dynamics (pumping effects, slow rise and decay times), single
crystal CVD diamond has been chosen for its better charge collection efficiency, fast
time response and reduced leakage current.
∗

The second generation of SMD’s will reduce the depletion thickness to between 2 and 5 µm through
a silicon on insulator (SOI) design, improving the spatial resolution of the device in the edge-on
configuration as previously discussed.

5.3. Detector Types Investigated

Figure 5.4: The boron implanted single crystal CVD diamond detector: (a) Steps taken in
the fabrication of the buried boron electrode (reproduced from Ganesan et al.
2009 [331]). (b) Image of the 3.5 × 3.5 × 0.3 mm3 diamond crystal under optical
microscope. The FIB milled gold contact (bottom left) is clearly visible whilst
the overlaying aluminum contact pad (bottom centre, 1.1 mm in diameter) is
used to source the signal from the sensitive volumes with which it connects.
(c) Ion beam charge collection (IBIC) map of the detector irradiated with a
5.48 MeV monoenergetic beam of beryllium ions (reproduced from Davis et al.
2012 [332]). The map indicates charge collection is refined to the well defined
sensitive volumes under the aluminium contact pad (the colour scale is not
calibrated but is used to show the relative amplitude of the charge collected).
And, (d) photo of the detector which is visible at the surface of the ceramic
probe used to house and electronically connect the device.
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Indeed, because of the detector’s extremely thin sensitive volume, which is 102 orders of
magnitude smaller than conventional designs, a very high electric field can be applied
during irradiation, theoretically allowing for the collection of all liberated charge before
recombination can occur. In addition, the ultra-high purity diamond crystal should
should ensure no priming dose is required [116, 333], an aspect further explored in the
experimental analysis.
To produce the sensitive volume array, the original diamond substrate is metallically masked before being irradiated at room temperature with a 2 MeV boron ion
beam (fluence of 1015 ions/cm2 ), implanting the acceptor impurities at the depth of
the Bragg peak (1.38 µm [334]). The device is then annealed at 1425  for 15 minutes
in a vacuum. This results in the complete graphitisation of diamond at the heavily
radiation damaged Bragg depth due to sp3 - to sp2 -bond conversion [104,106,335], thus
forming a buried semi-metallic grid electrode [105, 336]. The added advantage of this
method is that it forms a tissue-equivalent contact in addition to the small sensitive
volume it defines. To electronically connect the front and buried conducting electrodes,
focused ion beam (FIB) milling followed by thermal evaporation and electroplating is
used. The fabrication process is outlined in Fig. 5.4(a) with the finished result shown in
Fig. 5.4(b). Ion beam charge collection (IBIC) measurements performed on the device
using a 5.48 MeV monoenergetic beam of beryllium ions [332], and shown in Fig. 5.4(c),
indicate no charge is collected directly beyond the boron buried grid (charge collected
would otherwise be evident ‘between’ sensing elements). This signifies that charge
recombination centers created along the ion beam’s path restrict charge collection to
the well defined sensitive volumes only. To physically protect the detector as well as
connect it to the associated readout system, a ceramic packaging is used which houses
the device at the surface of the probe, as shown in Fig. 5.4(d).
Two-point DC measurements performed at Melbourne University [331], and con-
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Figure 5.5: I-V characteristics of the boron implanted single crystal CVD diamond detector after: (a) The first high voltage biasing measurement, (b) Numerous high
voltage biasing measurements, and (c) Exposure to UV light for two hours.
Adapted from Avigal et al. 2004 [105].

firmed by measurements at CMRP, clearly show a rectification property in the detectors I-V characteristic. This is indicative of a Schottky barrier at the front metallic
electrode and an ohmic contact at the boron-diamond interface, as the literature would
suggest [105]. Interestingly, after several high voltage forward and reverse biasing steps,
the rectification is severely affected since shallow defect centers produced by the implantation process become filled by free charge carriers which gain enough energy to
drift throughout the crystal before being trapped. This shifts the Fermi level due to the
induced polarisation that results, lowering the potential barrier such that the flow of
charge is no longer restricted at the metallic-diamond interface. An increased leakage
current with bias is also observed since the passivation of traps are known to increase
the free-carrier lifetime and thus the efficiency of charge collection [14]. To depump
the trapped charge and thus reinstate the detectors rectification property, the device
is exposed to UV light of 253 nm in wavelength. All I-V characteristics are shown in
Fig. 5.5, with reverse breakdown starting at low voltage. To explain this latter effect, it
is proposed that increasing the electric field strength beyond the breakdown limit will
cause it to penetrate the insulating substrate behind the buried boron electrode, thus
collecting charge from outside the defined sensitive volumes. For dosimetry purposes,
the biasing potential is required to be below this breakdown value.
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Table 5.1: Specifications of the x-ray beams produced by the Gulmay D3300 orthovoltage
machine at Wollongong Hospital’s ICCC

Beam Quality
(kVp )

HVL
(mm)

Effective Energy
(keV)

50
75
100
125
150
200
250

1.4 Al
2.475 Al
3.72 Al
0.291 Cu
0.627 Cu
1.35 Cu
2.235 Cu

25.2
30
36
54
69
95
123

5.4

Dose Rate at dmax
(MU/Min)
72
172
244
219
128
53
67

Materials and Method

For the dosimetric study of the boron implanted single crystal CVD diamond detector, which includes investigating its stability, repeatability, bias dependence, sensitivity
and energy dependence, low energy x-rays from the Gulmay D3300 orthovoltage machine at Wollongong Hospital’s Illawarra Cancer Care Center (ICCC) were employed.
Producing filtered x-ray spectra ranging from 50 kVp to 250 kVp , the machine simulates the low photon energies encountered in MRT, providing a convenient light source
to determine the detectors online response characteristics before any further testing
under intensive synchrotron radiation at the ESRF in France. Equivalent photon energies for each beam quality are calculated from half value layer (HVL) measurements,
and were found to be 25.2 keV, 30 keV, 36 keV, 54 keV, 69 keV, 95 keV, and 123 keV
respectively [337]. Table 5.1 summarises the specifications of each beam used.
To measure the detector’s dose rate dependence, the ICCC’s Varian 2100C medical linear accelerator was employed, making use of it’s 6 MV x-ray beam. This is
because the machine allows simple adjustment of the mean dose rate by changing the
pulse repetition frequency in 100 MU/Min increments at the depth of dose maximum.
Conversely, dose per pulse variation measurements were not performed since previous

5.4. Materials and Method

118

studies indicate the dose rate dependence in diamond is an on-average rather than an
instantaneous one [42, 116].
Irradiation with each x-ray beam was performed at the position of dose maximum
in solid water (Gammex 457). This was at the surface for the kilovoltage beams and
1.5 cm for the 6 MV x-ray beam. To provide full scatter conditions, the solid water
slabs of differing thickness, and with an area 30 × 30 cm2 , were stacked 10 cm high for
use as a backing material in all measurements made. Smaller sections of solid water
were used to provide a scattering medium around the detector, as shown in Fig. 5.6.
Dose output was monitored by transmission chambers, with 1 MU equal to 1 cGy at
dmax in water under standard reference conditions,∗ which entailed the use of:
 A 100 mm circular diameter applicator and a source-to-surface distance (SSD)

of 30 cm for x-ray beam energies between 50 and 150 kVp ;
 A 100 mm circular diameter applicator and a SSD of 50 cm for x-ray beam ener-

gies between 200 and 250 kVp
 A 10 × 10 cm2 field size and a SSD of 100 cm for the 6 MV x-ray beam.

Assuming the detector had negligible perturbation of the beam, 1 MU was then approximated as l cGy of dose delivered to the solid water medium.
To measure the detector’s dose rate response during irradiation (order of a few
hundred pA), the induced analogue signal is pre-amplified before being sampled and
recorded by the fast data acquisition unit described below. To maximise the signalto-noise ratio, a short cable connects the detector probe and preamplifier, quickly
terminating capacitive noise pickup. Since the boron doped diamond detector tested
is the only one of its kind produced at present, the reproducibility of the response
characteristics could not be evaluated. However, comparative measurements with the
SMD were performed during investigation of the energy dependence.
∗

Absorbed dose-to-water calibrations were performed with an NE2571 Farmer ionisation chamber
according to the IPEMB protocol for kV x-rays [338] and IAEA TRS-398 protocol for MV x-rays [339].
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Figure 5.6: Photo of the experimental setup for the boron implanted diamond detector
under orthovoltage x-ray irradiation. With the diamond detector positioned at
the surface of the solid water phantom, a 100 mm circular diameter applicator
at 30 cm SSD (for beam energies between 50 and 150 kVp ) is used to ensure a
water equivalent dose of 1 cGy for each MU delivered. To provide full scatter
conditions, 10 cm of solid water is used as a backing material. Also visible is
the electronic connection to the pre-amplifier and central data acquisition unit
which are used to measure and record the induced photocurrent online.

5.4.1

The dose-rate readout system

The dose-rate readout system used for all online measurement performed in this thesis
is a ultrafast electrometer that demonstrates microsecond real-time readout resolution with accurate sensitivity and linearity over five orders of magnitude of input
signal [293]. Originally designed to cope with the wide dynamic range generated by a
solid-state detector in MRT, it consists of a pre-amplifier module fitted with a transimpedance amplifier (TIA). The output voltage signal is then sampled at a rate of
1 MHz by the analogue-to-digital converter (ADC),∗ before the indirect measure of the
induced detector current is recorded (in terms of counts) by the field programmable
gate array (FPGA).
∗

The ADC outputs integer numbers (or counts) proportional to the amplitude of the current.
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(b)

Figure 5.7: The MRT designed dose-rate readout system: (a) Schematic diagram showing
the different components and how they are interconnected. Includes the external power source, biased detector, preamplifier module, CDAU, and RadPlot
software. (b) Picture showing the connected components, with the RadPlot
software running on the laptop computer. To minimise the pickup of noise
from stray electric and electromagnetic fields, the interconnecting leads are
shielded with aluminium foil.

As shown in Fig. 5.7, the ADC and FPGA are coupled into the same unit, referred
to here as the central data acquisition unit (CDAU), which controls (via manual adjustment) the high voltage bias supplied to the detector and the regulated bias of
the DC offset. A graphical user interface developed in C++ (known as RadPlot) allows remote control of the data acquisition trigger along with its run time through
a USB2.0 link, outputting a .dat file extension post acquisition. At this stage, the
data is then displayed graphically on the user interface. To minimise the size of the
file produced from any prolonged acquisitions, the averaging of 2, 4, 8 or 16 samples
using data decimation is made possible via the ‘FPGA Averaging’ button in RadPlot. For all measurements made in this thesis, an FPGA averaging of 16 samples was
used. Further detail of the systems components are given in App. D.1, with the main
specifications of the electrometer summarised in Table 5.2.
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Table 5.2: Summary of the specifications of the dose-rate readout system

Parameter
Pre-amp gain

Description

Feedback resistive gain of the
TIA
Digital resolution
Analogue to digital conversion
Dynamic range
Analogue swing of the
preamplifier for positive and
negative input current
System gain
Counts-to-current conversion
factor
MIS
Maximum input signal at
216 - 1 counts
Sampling rate
Rate of data acquisition
Power consumption Total power consumption
High voltage range Bias voltage range for the
detector
Power supply
External power supply

5.4.2

Specification

Unit

33 ± 5 %

MΩ

16
80

bit
dB

2.027

pA/count

∼ 133

nA

1
2
0 to − 200

MHz
W
V

220

V(AC)

Errors

Analysis of the data was done post-readout in Origin© 8 (a data analysis and graphing
software developed by OriginLab) by converting the .dat file extension to .txt. In this
way, the standard deviation of the fluctuation in dose-rate response due to noise and
instability from the detector/electrometer assembly could be deduced, with a value of
± 1 pA (95 % confidence) around the mean current value typical for both the BIDD
and SMD. In addition, each point measurement was repeated three times over to
ascertain the level of stastical uncertainty, the procedure outlined in App. A.
Other contributions to the uncertainty in dose assessment come from the relative
standard deviation in absolute dose-to-water calibration, taken here as 2.0 %, and
from positional uncertainty at the depth of dose maximum. For x-ray beam energies
of 50 kVp , a shift of 0.5 mm in depth past the region of dmax determines an error in
dose as large as approximately 2 %, reducing to less than 0.2 % for 6 MV x-rays. All
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sources of error were added in quadrature to give the combined uncertainty, which
is stated (or depicted graphically by an error bar) with a 95 % level of confidence.
Given diamond detectors are insenstive to changes in temperature [41, 109], variances
in ambient conditions were considered negligible and thus not taken into account.

5.5

Results and Discussion

5.5.1

Online response behaviour

Before evaluating any dosimetric parameters, the online behaviour of the BIDD under
varying biasing potentials was tested in order to optimise its operating characteristics,
the results shown in Fig 5.8(a). Irradiated to a total water equivalent dose of 25 cGy
under a 150 kVp x-ray beam, the current tended to respond in unison with the beam
delivery at each bias in question, leveling out in the time it takes the nominal dose
rate of the orthovoltage machine (at 128 MU/Min) to be reached. As hypothesised,
no priming effect was observed before stabilisation of the signal response could be
attained, and this is attributed to the high purity and quality of the diamond crystal.
At 0 V, no discernible response (or stem effect) was observed, whilst the shift of the
baseline between 0 and - 10 V is due to an increase in detector leakage current, the
non-linear trend matching the I-V characteristic measurements of Fig. 5.5.
The short term stability of the detector, defined as the percentage ratio of the
standard deviation of the current under irradiation to the mean value of the detector
current [112, 340], recorded a very stable value of 0.4%̇ at - 2.5 V, before dropping to
just 0.2 % at - 10 V.∗ This small variation in signal response is comparable to that observed in natural PTW and polycrystalline diamond detectors [107,112], and indicates
a stable detector/electrometer assembly with high quality electronic contacts and a
∗

Detector current was sampled between the points of beam ‘on’ and ‘off’, ignoring the initial ramp up
in dose rate.
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Figure 5.8: (a) Online dose-rate response of the boron implanted diamond detector under
varying bias potentials. The irradiation was performed with a 150 kVp x-ray
beam at a nominal dose rate of 128 MU/Min, delivering a water equivalent dose
of 25 cGy for each measurement. (b) Noting that the signal generated by the
detector is inverted at the negative input terminal of the TIA, the corrected
current response is shown and was obtained by subtracting the average baseline
value for each measurement in question.

low noise contribution [116]. Indeed, taking the noise as the standard deviation of the
baseline current, a figure of approximately ± 0.5 pA was obtained at each bias potential, providing a lower limit on the dose-rate response that can be measured. From
Fig 5.8(b), which subtracts the baseline value to give the net response, it is evident
that this lower limit is well below that of the photocurrents produced, guaranteeing
sufficient sensitivity at the bias voltages investigated
When the irradiating beam was switched off, the quick drop off in current observed
for bias potentials below - 5 V was limited by the time constant of the measuring circuit
(evaluated at 0.8 ± 0.2 s), and is not representative of the material response. This is
consistent with previous reports where the settling time for a single crystal diamond
detector measured with a Keithley 6517A electrometer increased from 200 ms in the
nanoampere range to several seconds in the picoampere range due to the increased
feedback resistance that is switched into the input circuit [340]. To maximise the
signal-to-noise ratio, which will increase precision and accuracy, a high bias like that
provided at - 10 V is preferable. However, when the beam was switched off for bias
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voltages above - 7.5 V, a slow decay component was evident, taking upwards of a couple
of minutes to revert to the original baseline value. Referred to here as the ‘tail’ effect,
such behaviour is not clear, but it is proposed that increasing the electric field strength
beyond the breakdown limit discussed in Sec. 5.3.2 will cause the field to penetrate the
insulating diamond substrate behind the buried boron electrode. In this way, charge
with large carrier lifetimes are collected from outside the defined sensitive volumes,
creating the slow decaying current observed.
To investigate whether the slow decay component has an effect at low bias potentials, the repeatability (or short term precision) of the current signal derived from
the diamond detector biased at - 5 V was checked. This was done by delivering three
doses of 25 cGy in quick succession to the detector, as shown in Fig. 5.9. Defined
as the percentage ratio of the standard deviation to the mean value of the collected
charges [112,340], the coefficient of repeatability was found to be equal to 0.35 %, which
is below the limit of 0.5 % recommended by the IAEA 374 Code of practice [341]. This
suggests the slow decay component has been removed from the measuring process. As
a result, it is recommended for dosimetry purposes that the boron implanted diamond
detector be operated with a biasing potential at or below - 5 V.

Figure 5.9: Signal repeatability of the boron implanted diamond detector biased at - 5 V
and irradiated at 128 MU/Min under a 150 kVp x-ray beam in three successive
25 cGy cycles. The turnaround time between cycles is 10 s.
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Bias dependence

A closer inspection of the bias dependence for the boron implanted diamond detector
between - 2.5 and - 5 V is shown in Fig. 5.10. Irradiated under a 150 kVp x-ray beam
at 128 MU/Min for a total dose of 25 cGy, the current plotted is the average response
rate, defined as the charge collected divided by the time of irradiation. A non-constant
dependence with bias is observed, indicating the detector is operating with incomplete
charge collection.∗ This suggests the electron-hole recombination time is shorter than
the maximum time it takes a liberated electron to reach the anode [42]. With the
high electric fields applied within the approximately 1.5 µm thick sensitive volume of
the detector (ranging from 1.67 to 3.33 V/µm), the result appears at odds with previous reports for single crystal CVD diamond where full charge collection is obtained
at electric field strengths as low as 0.2 V/µm [111]. To help deduce the reason for
this anomaly, investigation of the detector’s charge collection efficiency needs to be
considered.

Figure 5.10: Bias dependence of the boron implanted diamond detector irradiated under a
150 kVp x-ray beam at 128 MU/Min for a total dose of 25 cGy in each measurement.
∗

Instability in the high voltage supply (provided for by the CDAU) below - 2.5 V prevented measurements at a lower bias potential.
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The charge collection efficiency G (or gain factor [108]) is defined as the ratio of
recorded detector current Ir to the theoretical current induced by the radiation field
Ith . The latter may be defined by [42]:
(µen /ρ)C
wat ḊρV
Ith =
W/e

(5.1)

where Ḋ is the nominal dose rate (= 128 cGy/Min), ρ is the mass density of diamond
(= 3.5 g/cm3 ), V is the sensitive volume of the detector, W is the mean energy required
to produce an electron-hole pair in carbon (= 13 eV), e is the unit of fundamental
charge, and (µen /ρ)C
wat is the absorbed dose corrective factor between carbon and
water, taken as the ratio of their mass energy absorption coefficients at the effective
x-ray energy of the beam (= 0.71 at 69 keV [97]). To calculate the detector’s sensitive
volume from its electronically contacted array, consider that each individual sensitive
volume has a center-to-center distance of 157 µm. This roughly equates to a square
grid transmission factor of:
1202
× 100 = 58.4 %
T =
1572

(5.2)

And given the overlaying aluminum contact pad has a radius r of 0.55 mm, this equates
to an effective sensitive volume of:
V = T × πr2 d = (7.7 ± 0.5) × 10−7 cm3

(5.3)

where d = 1.38 µm is the depth at which the buried boron electrode exists. With these
values, a theoretically induced photocurrent of 4.4 ± 0.6 pA is derived for the nominal
dose rate of 128 cGy/Min. At an applied detector bias of - 5 V, Ir = 260.1 ± 10.9 pA,
such that a charge collection efficiency of G = 59.3 ± 8.2 is obtained. The fact the
recorded value is upwards of 68 times greater than what the theory allows suggests that
either: (a) a large contribution to the signal is being provided for by the overlaying
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aluminium and gold contacts, (b) a large contribution to the signal is being provided
for by air ionisation collected at the surface of the contacts,∗ or (c) that the thickness of
the sensitive volume extends well beyond the depth of the boron buried grid electrode.
From the relatively flat energy response observed in Fig. 5.13, it is evident that the
high Z contacts used have minimal influence on the signal produced, whilst the much
reduced density of air compared to diamond ensures the air ionisation contribution is
negligible. It follows then that an ill-defined thickness for the sensitive volume must
be responsible. This correlates with the applied bias being of sufficient magnitude
to produce an electric field which penetrates the insulating diamond substrate well
beyond that of the buried boron electrode, thus allowing for the increased collection
of charge that was measured.
At a first glance, the charge collection map shown in Fig. 5.4(c), which is produced
by irradiating the detector with a 5.48 MeV monoenergetic beam of beryllium ions,
would seem to contradict the above sentiment since no uniform collection of charge
is visible beyond the buried grid electrode. However, the range of such energetic ions
in diamond is only 4.09 µm [334], with much of the incident kinetic energy lost in the
overlaying aluminium contact pad, its non-uniform energy deposition clearly visible
by the differences in charge collected between individual sensitive volumes. If 100 %
charge collection efficieny is assumed at - 5 V, the thickness must extend to magnitudes
at least 82 ± 16 µm in size. The ramifications this result holds for the potential use of
the detector in MRT is significant since a spatial resolution of ∼ 1 µm is required for the
accurate determination of the microbeam profile [31], rendering the detector inoperable
for such application at the bias potentials investigated. Even so, the device could still
prove fruitful as a high-resolution real-time tissue-equivalent dosimeter in conventional
radiotherapy, so long as it exhibits a linear dose and dose-rate dependence.
∗

The crystal is not embedded in any epoxy or plastic which would otherwise avoid any air ionisation
around the biased electrode.

5.5. Results and Discussion

5.5.3

128

Dose dependence

In order to evaluate the dose dependence of the boron implanted diamond detector, the
charge collected was recorded by varying the delivered dose from 0.25 to 5 Gy under
a 150 kVp x-ray beam at the nominal dose rate of 128 MU/Min. For comparative
purposes, measurements were performed with the detector biased at both - 2.5 V and
-5 V respectively. The results obtained are shown in Fig. 5.11. A linear dose response
is desirable in order to reduce the likelihood of propagation errors in the calibration
process.

Figure 5.11: Dose dependence of the boron implanted diamond detector irradiated under
a 150 kVp x-ray beam at 128 MU/Min. For comparative purposes, dose sensitivity measurements at - 2.5 V and - 5 V were performed.

At both bias potentials, a good linearity with the dose range investigated was
found. A line of best fit for each was deduced using linear regression, the slope of
which is used to determine the detector’s dose sensitivity. At - 2.5 V, a dose sensitivity
of 9.34 ± 0.06 nC/Gy was calculated (regression coefficient of 1.00), whilst - 5 V gave
15.09 ± 0.13 nC/Gy (regression coefficient of 1.00). The error in the slope was obtained
using the LINEST function in Microsoft excel. The higher value for the larger bias is
expected since charge collection efficiency is improved by increasing the magnitude of
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the electric field, which thus reduces the transit time with which liberated charge can
recombine. This is evidenced by the increased current in Fig 5.10. No comparisons to
other diamond detectors were made given the specific sensitivity (charge collected per
unit dose per unit volume) could not be evaluated since the thickness of the sensitive
volume is unknown. However, it is worth noting that the natural PTW diamond
detector typically measures a value of 60 nC/Gy·mm3 [22, 116].

5.5.4

Dose rate dependence

For an ideal detector, the variation of the response current with dose rate follows a
linear behaviour with a coefficient equal to one [340]. In this way, the dose calculated
by the device is kept constant with any variation in the rate of dose delivery. This
is particularly important where changes in dose rate are an inherent part of the measurement process; for instance, the relative determination of the depth dose curve in
conventional radiotherapy or measurement of the PVDR in MRT. However, from the
discussion in Sec. 3.5.1, most diamond detectors tend to suffer a sublinear dose rate
dependence which is attributed to the reduction in charge recombination time as dose
rate increases. To study this effect in the boron implanted diamond detector which
was biased at - 2.5 V, the mean dose rate produced by a 6 MV x-ray beam was varied
from 1 to 6 Gy/Min by changing the pulse repetition frequency of the linear accelerator
(from 100 to 600 MU/Min respectively).
A plot of the detector response as a function of dose rate (both normalised at the
lowest dose rate), after subtracting the leakage current from the induced photocurrent,
is shown in Fig. 5.12(a). A line representing linearity of current to dose rate is included
for direct comparison. Evidently, little or no sublinear response can be observed. The
exponential parameter ∆ that describes any deviation from unity is given by Fowler’s
expression in Eq. 3.7. Taking the natural log of both sides (which again are normalised
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Figure 5.12: Dose rate dependence of the boron implanted diamond detector between 1 and
6 Gy/Min: (a) The detector response in which both axes are normalised at
1 Gy/min. A line representing linearity of current to dose rate is included for
comparison. (b) Natural log – log plot of the points in (a). Linear regression
gives a straight line fit with slope ∆ = 0.995 ± 0.012.

at the lowest dose rate) should yield a straight line with slope ∆. Such a plot is
shown in Fig. 5.12(b), where a line with slope 0.995 ± 0.012 is fitted to the points
(regression coefficient of 1.00). The result indicates a uniform trap distribution with
negligible dose rate dependence in the dynamic range investigated [108], highlighting
the quality with which the single crystal diamond has been grown. Furthermore, the
result is in good agreement with those obtained from other types of single crystal
CVD diamond detectors [112, 116, 340], providing an improvement on the sublinear
dependence common to natural PTW diamond, which generally gives values for ∆
ranging from 0.90 to 0.98 [42, 107].
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Energy dependence

The last dosimetric parameter investigated for the boron implanted diamond detector
was its energy dependence. In addition to using a tissue-equivalent material as the
sensing medium, the use of tissue-equivalent materials is also desirable for the contact electrodes when medical dosimetric applications are required. This is because
the increased chance of photoelectric absorption in any high Z metallic elements will
increase the number of secondary electrons crossing the sensitive volume, drastically
increasing the detector response relative to water [342].
In the design of the boron implanted device, aluminium (Z = 13) was chosen as a
top contact because of its relatively low atomic number compared to other electrode
materials, whereas gold (Z = 79) was chosen as a back contact to connect with the
buried graphitised electrode due to its favourable electronic properties. To test their
influence on the response generated by the diamond detector, the energy dependence
was assessed at a bias potential of -2.5 V. This was done by measuring the charge
sensitivity as a function of the effective energies produced by the low energy x-ray
spectra ranging from 50 to 250 kVp . Although each beam quality is delivered at a
differing dose rate, as shown in Table 5.1, the detectors linear dose rate dependence
ensures the charge it measures for each dose delivery of 25 cGy is kept constant. As
a comparison, the silicon microstrip detector (SMD) biased at - 30 V was irradiated
under the same conditions. All data is normalised at the effective x-ray energy of
123 keV.
As shown in Fig. 5.13, the energy dependence of the diamond device was found
to correlate well with the theoretical values determined by the ratio of mass energy
absorption coefficients (data obtained from the NIST database [97]. This suggests
that the detector response is mainly generated by the energy deposition of secondary
electrons produced from photon interactions within its own sensitive volume (a ‘large
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Figure 5.13: Energy dependence of the boron implanted diamond detector. Its relatively
flat energy response is consistent with theoretical values calculated from the
NIST database, whilst its improved energy response compared to the silicon
microstrip detector is clearly visible.

cavity’ with reference to Eq. 3.6), whilst the ceramic packaging and contact metals
appear to have little influence, even at energies below 50 keV where photoelectric absorption dominates. For this reason, an under response at 50 kVp is observed whose
charge sensitivity is approximately half that measured by the 250 kVp beam. Conversely, the SMD shows an over response at 50 kVp which is approximately 3.3 times
greater than that measured by the 250 kVp beam. However, this over response tends
to be much lower than the theory predicts, suggesting energy deposition due to electrons produced from the surrounding medium (the Bragg-Gray part in Eq. 3.6) may
be beginning to have an influence — although the sensing medium still mainly behaves
as a large cavity with respect to the range of secondary electrons produced.
In summary, the diamond detector’s reduced variation in energy response compared
to the silicon microstrip detector will act to enhance dosimetric accuracy in both
conventional and microbeam radiotherapy. However, an effective filter to absorb the
low energy component is still required if one wishes to create a practically flat energy
response, suggesting a thicker deposit be used for the aluminium contact.
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Conclusion and Future Work

A new radiation dosimeter based on the boron implantion of single crystal CVD diamond has been tested under conventional x-ray beams in order to assess its online
dosimetric functionality before further characterisation measurements are performed
under intensive synchrotron generated x-rays at the ESRF in France. The results reported demonstrate excellent stability, repeatability, dose linearity (between 0.25 and
5 Gy), and dose-rate linearity (between 1 and 6 Gy/min), whilst a reduced variation in
energy response compared to that observed in the silicon microstrip detector will only
act to enhance dosimetric accuracy. In addition, the need for a priming dose is removed
due to the high purity of diamond used. Concerning MRT application, these initial
results are very promising. However, a non-constant dependence with bias is observed,
indicating the detector is operating with incomplete charge collection which reduces
its dose sensitivity. In addition, a slow decay component following beam turn off is
observed when a bias potential above - 5 V is applied, such that an operating potential
below this value is recommended in order to maintain a fast response dynamic.
Most important from this study was the finding that the recorded signal response
for a defined sensitive volume thickness of 1.38 µm is upwards of 68 times greater
than what the theoretically induced photocurrent will allow (at the dose rate of
128 cGy/Min). The reason for this effect is attributed to the applied bias potentials (minimum of - 2.5 V) contributing an electric field strength which are able to
penetrate the insulating diamond substrate well beyond the depth of the buried boron
electrode — the thickness extending to magnitudes at least 80 µm in size if 100 % charge
collection efficiency is assumed at an applied bias potential of - 5 V. Given a spatial
resolution of approximately 1 µm is required for the accurate determination of the
microbeam PVDR, the increased sensitive volume thickness renders the detector inoperable for use as an edge-on dosimeter in MRT, an application for which it was
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specifically designed. Confirmation of this effect could be obtained by measuring the
FWHM of an x-ray microbeam profile to ascertain the sensitive volume thickness as
a function of bias, similar to the procedure followed by Lerch et al. [292]. In fact,
reducing the bias potential below - 2.5 V may assist in reducing the sensitive volume
to the small thicknesses required.
For future work, it is proposed that IBIC measurements be performed on the device
with a 5.5 MeV beam of alpha particles whose range extends upwards of 13.6 µm into
the diamond crystal. In this way, the measurement will be able to confirm if a uniform
deposition of charge is indeed collected from beyond the physically defined contact
volume. If so, a re-think in detector design is required. Of course, how the electric
field lines penetrate the insulating substrate is still unclear, other than that they
must ‘bubble out’ through the non-graphitised regions in the buried electrodes gridded
structure. To gain a better understanding of the physical processes governing the
device’s operation, it is recommended that the electric field produced in the diamond
detector be modeled via the Synopsis Technology Computer-Aided Design (TCAD)
simulation package, the in-depth study of which lies beyond the scope of this thesis.

Chapter 6
Experimental Part II: FlexDosTM
6.1

Introduction and Aims

In the previous chapter, the dosimetric properties of a novel diamond detector were
investigated to characterise the device’s potential for use as a high-resolution realtime tissue-equivalent medical radiation dosimeter. The key word is potential, with
much work to be done to realise its commercial application and benefit. In this chapter
however, the dosimetric properties of a US patented thin film SWCNT detector (known
as FlexDosTM ) are explored,∗ a device that is already being marketed commercially
for its application in conventional electron and x-ray therapy as a real-time in-vivo
dosimeter [84]. With a monolayer thick sensing medium, the device relies on a radiation
induced change in conductivity to measure the dose-rate response [79, 83], somewhat
taking advantage of the remarkable optical and electronic properties ascribed to CNTs
within the scientific literature (see Chp. 4.5). And given its thin sensitive volume, it
is deemed that extension of its use to the ultrahigh spatial resolution environment of
MRT may also be possible. As such, the aim of this work is to:

∗

As a film, the device offers advantages over other detectors based on single CNTs due to its ease of
manufacture, good reproducibility, and high efficiency [80–82].
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1. Verify the results obtained by the inventors Ma and Yeow, which are shown in
Fig. 6.1, and can be found in [79], [84] and [83], in order to scientifically validate
their claims. This includes exploring the fundamental physical mechanisms responsible for the device’s radiation induced response, be it carrier generated or
via molecular adsorption/desorption means.
2. Extend the dosimetric study of the device under conventional x-ray irradiation
to include its depth-dose and energy dependence, the likes of which was not
reported in the previous publications mentioned.
3. Test the stability and reproducibility of the device. This was accounted for by
purchasing four FlexDos detectors from ARTsensing Inc. [84], two of which use
copper contact electrodes, the other two cadmium.
With regards to the first aim, the measurement process will be refined to reference
standard conditions and with a solid water backing so as to provide more reliable and
well characterised results. But before elaborating on the experimental results obtained,
a more detailed description of the device’s design and its operation are now provided.

Figure 6.1: Dose rate response of the FlexDos dosimeter as recorded by the inventors Ma
and Yeow 2008 [79]. The device was biased at 15 V and irradiated atop of the
treatment couch with no solid water backing under a 6 MV x-ray beam (Varian
Clinac 21 EX medical linear accelerator), 100 cm SSD, field size not declared.
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FlexDosTM Design and Operation

The FlexDos dosimeter, shown in Fig. 6.2(a) and (b), is designed to be able to flex
to the curvature of the measured surface [84]. It is made of a transparent SWCNTsubstrate composite, with two metallic contact electrodes placed on top of the thin film
approximately 10 mm apart. As detailed in [79], the device is fabricated by spin coating
an ultrasonicated suspension of purified HiPco SWCNTs onto the teflon substrate,∗
forming a monolayer thick film, as shown in Fig. 6.2(c). Randomly deposited, the
SWCNTs have an average diameter and length of 2 nm and 2µm respectively, their
low deposition density approaching the percolation limits for which an electric current
under an applied bias will exist [82,135,143,259]. In fact, the low density CNT network
ensures the probability of all metallic tube paths is quite low (remembering present
growth technology yields approximately 1/3 metallic and 2/3 semiconducting tubes),
such that the thin film becomes p-type semiconducting as a result of oxygen adsorption
in air [135, 136, 263]. This creates a very high resistance device whose conductance is
limited by the increased resistance of Schottky barriers formed at the contact junction
of metallic and semiconducting tubes [82].

Figure 6.2: The FlexDos dosimeter: (a) Schematic diagram, reproduced from Ma et al.
2008 [79], (b) photographic image, and (c) scanning electron microscope image
of the CNT film, reproduced from Ma et al. 2008 [79], with sparse bundled
congregations of SWCNTs evident from the spin coating deposition process.
This latter effect is observed because the nanotubes tend to be attracted to
each other through van der Waals interactions [236].
∗

The purification process removes large catalyst particles.
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It is claimed, under a high-energy beam of ionising radiation, that a temporary
change in electrical conductivity is detected from the FlexDos device [83]. This element, combined with its high resolution, portability, and conforming design would
make the detector ideal for use as an in-vivo quality assurance tool to monitor and
verify surface dose delivery online, as alternative to the delayed passive readouts of
radiochromic film [343] and carbon-loaded TLDs [344]. Indeed, it’s extremely thin
sensitive volume (which has no added buildup material due to its tissue equivalence)
should be able to give a useful dose measurement of the basal cell layer in skin, which
is the critical layer for carcinogenesis, and approximated at a depth of 0.07 mm [345].
This is particularly important since the surface dose to the skin of a patient will often
differ from the ideal ‘flat homogeneous’ situation measured using extrapolation techniques [346], depending on a number of parameters (such as electron contamination of
the original beam, field size, patient geometry etc.) which are very difficult to account
for accurately in most treatment planning programs [346]. It is imperative then that
these claims are scientifically validated before the devices are to be made commercially
available to radiotherapy departments around the globe.
Even so, the physical mechanism responsible for the induced irradiation signal mentioned above remains unclear, with the inventors claiming the change in conductance is
attributed to electron-hole pair generation [83].∗ If this is the case, the device presents
an exciting development as a solid-state Bragg Gray cavity (response driven by scattered electrons) for use an an absolute measure of absorbed dose to water. Considering
this fundamental approach however, and assuming 100 % charge collection efficiency,
the electric current produced in Fig. 6.1 is greater than the amount of charge that can
be collected (from the extremely thin sensitive volume) per unit time by a factor of
approximately 10. Evidently, greater insight into the cause of the response is required.

∗

No supporting evidence or references are given by the inventors.
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Materials and Method

Four FlexDos dosimeters have been tested to establish the stability and reproducibility
of the thin film CNT detector manufacturing process. And in order to investigate the
influence of the metal contacts used, two were purchased with copper electrodes, the
other two cadmium. To prevent any confusion, the dosimeters here on in are labeled:
 FlexCu(i) and FlexCu(ii) for the copper contacted devices, and
 FlexCd(i) and FlexCd(ii) for the cadmium contacted devices.

To electronically connect each device, and for the purposes of measuring the online
dose-rate response, the FlexDos detectors were affixed to aluminum contact pads with
conducting silver paste, as shown in Fig. 6.3(a), the pads and their associated tracks
infixed in a Kapton probe 600 µm thick, 60 mm wide and 240 mm long. A Kapton
probe was chosen due to its tissue-equivalent absorption characteristics over a wide
range of energies relevant in clinical dosimetry [293], as well as for providing mechanical
support to the thin film substrates. A 25 micron thick layer of Kapton polyimide film
was also placed over the exposed CNT area, and held down by Kapton tape, in order
to prevent the surface becoming scratched and damaged with time. To tightly embed
the probe within two slabs of solid water (Gammex 457) phantom, a 30 × 30 × 1 cm3
perspex holder was machined to fit the combined thickness of the Kapton probe and
detector sample. As shown in Fig. 6.3(b), a 30 × 30 × 0.5 cm3 slab of perspex is then
used to sandwich the device so as to avoid the influence of air ionisation on the detector
signal.
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Figure 6.3: Experimental setup for use of the FlexDos dosimeter: (a) Two detectors are visible, the one to the left with Cd contacts, the one to the right with Cu contacts.
Each contact electrode is affixed to the aluminium contact pads infixed within
the Kapton probe via aluminium paste. For protection purposes, a 25 micron
thick layer of Kapton polyimide film covers the otherwise exposed sensing CNT
medium. (b) Perspex holder used to tightly embed the detector probe within
two slabs of solid water phantom, as shown in (c). The Kapton probe then
allows electronic connection to the preamplifier module for measurement of the
online dose-rate response under orthovoltage and Linac irradiation. To minimise pickup of noise from stray electric and electromagnetic fields, the Kapton
probe was encased with aluminium tape where possible.

6.3.1

I-V characteristic measurements

To determine the I-V curves, a Keithley 230 voltage supply was used to source the leakage current of each device as a function of the bias potential, the current measured in
series with a Keithley 614 electrometer. To automate the process, the current signal
is fed into a Keithley 199 system DMM/scanner which is remote controlled by custom
LabVIEW software. Due to the high resistances involved, two-point DC measurements
were considered sufficient [347]. To obtain good statistics, the measurement process
was repeated 10 times over for each device in question, and was always done in both
negative and positive polarities to check if any Schottky barrier was formed at the
electrodes. To minimise the pickup of noise from stray electric and electromagnetic
fields, a Faraday cage was used with all measurements performed at ambient conditions in air. To ensure stability of the measurement process with time, each system
component was allowed 1 hr to warm up before use.
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Dosimetric characteristic measurements

For the dosimetric study of the FlexDos detector, which includes investigation of its
stability, repeatability, bias dependence, sensitivity, energy dependence, and depthdose dependence, low energy x-rays from the Gulmay D3300 orthovoltage machine at
ICCC were employed. Table 5.1 summarises the specifications of each beam used. And
similarly to the diamond detector investigated in Chp. 5, a 6 MV x-ray beam produced
by the ICCC’s Varian 2100C medical linear accelerator was employed to measure
the detector’s mean dose rate dependence. All measurements were performed at the
depth of dose maximum, except where depth-dose measurements were concerned, and
with 10 cm of solid water backing to provide full scatter conditions. Dose output was
monitored by transmission chambers, with 1 MU equal to 1 cGy at dmax in water under
standard reference conditions. The online response was measured and recorded by the
dose-rate readout system described in Chp. 5.4.1.

6.3.3

Errors

Error analysis was carried out in the same fashion to that described in Chp. 5.4.2, with
all point dose measurements repeated three times to ascertain the level of statistical
uncertainty, the combined error value stated (or depicted graphically by an error bar)
with a 95 % level of confidence around the mean.

6.4
6.4.1

Results and Discussion
I-V characteristics

Fig. 6.4 shows the current-voltage curves obtained for the four FlexDos detectors. Each
displays a linear behaviour which suggests the formation of ohmic contacts at the nanotube/electrode interface, a common property to macroscopic samples of nanotube
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ensembles [348]. There also appears to be a definitive grouping based on the electrode
type, with the shallower slope of the I-V curve for Cadmium contacted devices suggesting an increased contact resistance compared to its Copper counterpart. However,
a variation in slope is seen between each device suggesting issues of irreproducibility in
the manufacturing process, although more samples are required to test for this aspect
with any great certainty. Also included in the graph is a control device, the details of
which will be explained later in the chapter.

Figure 6.4: I-V characteristic curve for the four purchased FlexDos detectors. Also included
is a control device for comparative purposes.

From the inverse of the slope, which was fitted using linear regression, the resistance
of each sample was obtained and the results summarised in Table 6.1. From these
results, the high resistivity of the each device is evident, and is attributed to the
increased resistance of Schottky barriers formed at the contact junction of metallic
and semiconducting tubes. This has been shown to reduce the charge carrier mobility
within the CNT network to between 10 and 100 cm2 /V·s [82], which could adversely
effect the time response of the detectors, as will be discussed next. Another influence
on these large values, in part, could be mechanical deformation of the nanotubes as
they conform to the morphology of the teflon substrate in order to optimise the van
der Waals adhesion forces [349].
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Table 6.1: Measured resistivities of the
FlexDos dosimeters

Dosimeter
FlexCu(i)
FlexCu(ii)
FlexCd(i)
FlexCd(ii)
FlexControl

6.4.2

Resistance (GΩ)
235 ± 7
273 ± 2
441 ± 2
369 ± 2
287 ± 6

Establishing the standard experimental setup

Before evaluating any dosimetric parameters, the online behaviour of FlexCu(ii) was
investigated under an orthovoltage x-ray beam in order to optimise its operating characteristics. Placing the detector at the surface with an applied bias of - 20 V, and
using the perspex holder as a backing material on which the Kapton probe was attached, a spurious, erratic and non-reproducible signal was observed under irradiation
at 100 kVp . Removing the perspex backing so the Kapton probe was fixed directly atop
the solid water phantom produced a very small signal (less than 5 pA). Increasing the
energy to 250 kVp (which uses a closed-ended applicator compared to the open-ended
designs for beam energies of 150 kVp and below) showed a larger signal but opposite in sign compared to the lower energy beam. Repeating all measurements with
FlexCd(i) gave the same effect. It was suggested then that both the perspex holder
and applicator were accumulating charge, creating a localised electric field that was
in some way affecting the signal induced within the sensing CNT medium. Indeed,
dose distributions from charged secondary radiation have been known to be altered
by the use of perspex as the phantom material [7]. As such, the perspex holder was
disposed of, whilst a slab of solid water was laid just above the detector to prevent
this accumulation effect for the higher energy beams. However, at 100 kVp , still no
significant signal could be observed. It was not until an air gap was introduced into
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the setup, as shown in Fig. 6.5, that a reproducible and measurable signal could be
obtained.

Figure 6.5: Experimental setup used to derive the initial signal for the FlexDos detector
under orthovoltage irradiation: (a) The Kapton probe on which the detector is
affixed is positioned directly on top of the solid water phantom. (b) An air gap
created by placing a solid water slab onto the supporting blocks was found to
be the basis for a measurable and reproducible online response.

The fact an air gap is required to produce the online response would suggest that
air ionisation is responsible for the induced signal. This implies that either molecular
adsorption/desorption at the nanotube surface is inducing the change in electrical
conductivity, or that ion pairs are being collected by both the nanotubes (due to their
high electron affinity) and the metallic electrodes. Removal of the Kapton film covering
the CNT sensing medium created no observable change in response, so it was deduced
that air ionisation was the main contributor.
To establish a standard experimental setup, a study of the signal produced as a
function of the air gap size (distance between top and bottom solid water slabs) was
undertaken for FlexCu(ii) in conjunction with a measure of it’s depth-dose dependence.
Biasing the detector at - 20 V, and irradiating it to 25 MU measured at the surface
depth under a 100 kVp beam produced the results shown in Fig. 6.6.
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Figure 6.6: (a) Depth-dose curve of FlexCu(ii), varied with air gap. The definition of depth
here ignores the presence of the air gap, which otherwise removes the idealistic
case of CPE conditions near the solid water/air interface. The signal produced
with an ‘infinite’ air gap is also shown, which represents the null placement of
solid water above the detector (a surface dose measurement). (b) Percentage
depth-dose curve of (a), normalised at a depth of 2 mm. The ‘expected’ result is
for that measured by an ionisation chamber under standard reference conditions
as part of the ICCC’s quality control program.

From the above graph, it is evident that the signal produced best matches the expected depth-dose curve produced by an ionisation chamber (under standard reference
conditions as part of the ICCC’s quality control program) for an air gap above 2 cm.∗
This is impractical for its application in medical radiation dosimetry, and so to further
characterise the device, a solid water slab 10 mm thick (approximately the diameter of
the larger ionisation chamber types) with a 58 mm diameter bored hole at its centre
was used, as shown in Fig. 6.7. With a volume of 26.42 cm3 , it was chosen as a matter of availability more than anything else (the bored hole is used for the placement
of an ionisation chamber in quality assurance measurements), given the high cost to
purchase solid water phantom slabs. However, its suitability for use as the standard
configuration setup in future measurements made was justified by the fact the FlexDos detector will be required to measure the absorbed dose in field sizes that include
∗

Corrections to measurements obtained from the open air design of the detector system used (due to
any fluctuations in temperature and pressure) have not been performed since the daily fluctuations
recorded were small and deemed insignificant with regards to the error introduced.
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both its thin CNT film and contact electrodes. Indeed, if the thin percolation network
of CNTs are acting as electrode materials, their potential to miniaturise traditional
ionisation chambers could be explored further, as discussed in Chp. 4.8

Figure 6.7: (a) Photographic image of the air gap used for dosimetric characterisation of
the FlexDos device, measuring 58 mm in diameter and 10 mm in depth. (b)
Charge collected by FlexCu(ii) as a function of the air gap volume.

With the standard setup established, which includes the FlexDos detector and air
gap of 26.42 cm3 (which will simply be referred to as the FlexDos detector throughout
the rest of this chapter), the online response of the effective ion chamber system can
be characterised. However, the fact an air volume is required at all goes against the
principles claimed by the inventors which state the device is suitable for use as a flexible
dosimeter to measure the absorbed dose to skin in-vivo. It should also be noted from
here on in that the dose (and dose rate) quoted in monitor units (and MU/Min) will
refer to the dose measured at the surface depth under standard reference conditions.
In addition, the effective point of measurement is stated at the middle distance of the
air gap, which lies 0.5 cm below the phantom surface. This is because a significant
part of the cavity ionisation is caused by back-scattered electrons, shifting the point
of measurement toward the center [100]. As such, all measurements are adjusted
for by the respective percentage depth-dose value (calculated by a quality assurance
ionisation chamber).
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Bias Dependence

Given the FlexDos detector is acting as an effective ionisation chamber, it needs to be
determined whether the device is operating within the ion saturation region. As such,
the bias dependence of each of the four devices between - 5 and - 50 V was determined,
the results shown in Fig. 6.8. Irradiated at a depth of 1.0 cm under a 100 kVp x-ray
beam at 244 MU/Min for a total dose of 25 MU, the current plotted is the average
response rate, defined as the charge collected divided by the time of irradiation.

Figure 6.8: Bias dependence of each FlexDos detector irradiated at a depth of 1.0 cm under a 100 kVp x-ray beam at 244 MU/Min for a total dose of 25 MU in each
measurement.

A non-constant dependence with bias is observed from Fig. 6.8, indicating each
detector is operating with incomplete charge collection. In fact, the linearity observed
suggests a much higher bias potential is required (see Fig. 3.2). This is not surprising
since the electrodes are not positioned optimally to collect the full charge that is
produced within the active sensitive volume.
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Dose Dependence

In order to evaluate the dose dependence of each FlexDos detector, the charge collected
was recorded by varying the delivered dose from 25 to 200 MU at a depth of 1.0 cm
under a 100 kVp x-ray beam at the nominal dose rate of 244 MU/Min. The results
obtained are shown in Fig. 6.9.

Figure 6.9: Dose dependence of each FlexDos detector irradiated at depth of 1.0 cm under
a 100 kVp x-ray beam at 244 MU/Min.

Each FlexDos detector exhibits a good linearity with the dose range investigated.
In particular, FlexCu(ii) showed the greatest sensitivity, recording a value of 335 ± 3
pC/MU (regression coefficient of 1.00). This is well below those obtained by conventional ionisation chambers however [7].

6.4.5

Dose rate dependence

To study the dose rate effect in the FlexDos detector, the mean dose rate produced
by a 6 MV x-ray beam was varied from 100 to 600 MU/Min. The results obtained
for FlexCd(ii) are shown in Fig. 6.10 below. The values obtained are comparable to
the results obtained by Ma and Yeow (shown in Fig. 6.1). Since it appears that their
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experimental setup did not include an air gap, but rather measured the surface dose,
it may suggest the devices being characterised are in some way faulty. Indeed, placing
the FlexDos device at the surface depth under the 6 MV x-ray beam produced only
a noisy signal. As such, further investigation of the signal produced is required, as
performed in the next section.

Figure 6.10: Dose rate dependence of FlexCu(ii) between 100 and 600 MU/Min.

6.4.6

Controlled measurements

To investigate in greater depth the influence of the CNT percolation network on the response signal, two types of measurements were performed. The first involved reducing
the diameter of the bored hole to 25 and 6 mm by inserting respective moulds made of
paraffin wax into the original 58 mm diameter hole. In the case of the smallest diameter, its size will ensure only the sensitive CNT medium is irradiated. Measurements
were performed with the FlexCu(ii) detector biased at - 30 V and under a 100 kVp
beam at 7 mm depth for a total dose of 25 MU at the surface, the results shown in
Fig. 6.11. Evidently, the signal produced by the 6 mm diameter hole is about 10 %
of that collected for diameters that exceed the film size. This suggests that charge
collected at the electrodes from air ionisation is responsible for much of the online
signal observed.
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Figure 6.11: Charge collected by FlexCu(ii) as a function of the air gap volume.

Given the signal produced by irradiating the thin film alone was so much smaller
than that with the contacts included, verifies that the devices must be faulty compared
to those used by Ma and Yeow. A second measurement to confirm this was attained
by constructing a control device to model the commercial devices purchased. This was
done by attaching teflon (the substrate material) tape to two thin pieces of copper
film which were used as electrodes, and then fixing the device to the Kapton probe
using silver paint. The end result is shown in Fig. 6.12(a), the device built to match
the dimensions of the commercialised detectors, differing only in the fact no CNT
layer was deposited on its thin teflon substrate. Two such devices were made, and
for reference purposes are labeled FlexControl1 and FlexControl2 respectively. To
take these measurements one step further another two control devices were built, but
without the teflon substrate, as shown in Fig. 6.12(b). In this way, the device acts
purely as a traditional ionisation chamber. For reference purposes again, each of these
control devices are labeled FlexControl3 and FlexControl4 respectively.
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Figure 6.12: Photographic image of: (a) FlexControl1 which has no CNT layer deposited
on its teflon substrate, and (b) FlexControl3, which acts purely as a traditional
ionisation chamber under an applied bias.

With each control device and the FlexCu(i) detector biased at - 30 V, irradiation was
performed under a 100 kVp beam at a depth of 1.0 cm for a total dose of 50 MU at the
depth of dose maximum. The results obtained are shown in Fig. 6.13. Evidently, the
signal response for the control devices with the teflon tape match the signal obtained
by the commercial device. Given the signal is larger in the control devices without
teflon tape, it would appear the insulating material is absorbing some charge otherwise
collected.

Figure 6.13: Comparison of charge collected for control and FlexDos devices irradiated to
50 MU at the depth of dose maximum under a 100 kVp beam. All devices
were biased at - 30 V and positioned at a depth of 1.0 cm.
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The above measurements confirm that the purchased devices must be faulty, but
it still remains to determine in what way. A final measurement performed was to
obtain a scanning electron microscope image of the surface from each of the commercial
devices. Not originally performed for fear of the radiation damage it induces [62,68–70],
the images obtained for the FlexDos detectors were produced from a JEOL JSM7500FA field emission scanning electron microscope situated at UOWs Institute for
Semiconducting and Electronic Materials (ISEM). The result obtained for FlexCu(i)
in Fig. 6.14 was typical for each device imaged, with no amount of searching being
able to find even a single solitary carbon nanotube. A startling result, it would appear
that either:
a) the CNTs were never actually deposited on the substrate,
b) the CNTs have since been blown or rubbed off the substrate, or
c) the CNTs were burnt off the substrate at the bias voltages applied.
With regards to the latter, the device was used in the voltage range recommended
by Ma and Yeow, themselves applying a bias potential of 15 V [79]. In addition,
a previous honours student at CMRP performed preliminary I-V measurements in
the - 10 to + 10 V range on FlexCu(i) and FlexCd(i), obtaining resistance values of
approximately 102 GΩ [350] — similar to those obtained in this thesis for measurements
between 0 and + 50 V. These two facts together suggest that the bias voltages applied
in this research were not responsible for destroying the percolation network, implying
rather that (a) or (b) are the real reason no discernible response was seen — although
if the devices were susceptible to loss of the CNT layer then their usage as an invivo surface detector becomes redundant. After obtaining these image results, the
manufacturer and inventors Ma and Yeow were contacted by email numerous times
to decipher how such a result could occur, given the devices were purchased in good
faith that the CNT layer did in fact exist. However, no reply was ever afforded to the

6.5. Conclusion and Future Work

153

author. And costing a few thousand dollars each, it was decided against purchasing
another detector to confirm or deny the results, unless of course the manufacturer was
willing to reply to the inquiries made.

Figure 6.14: A typical scanning electron microscope image of the surface of the sensitive
area of the FlexDos detector, in this case FlexCu(i).

6.5

Conclusion and Future Work

A US patented radiation dosimeter based on a monolayer thick film of randomly deposited carbon nanotubes has been tested under conventional x-ray beams in order
to verify the online results obtained by the inventors Ma and Yeow [83]. The results
obtained were anything but conclusive. It was observed that a large signal is produced
due to collection of charge from air ionisation near the surface of the electrodes, a
significant deficiency for practical application of the device in the radiotherapy department. However, it was also discovered via electron microscopy that the thin CNT
layer that was claimed to be deposited did not exist in any of the four commercial
devices purchased. It is believed that either the thin film was never deposited during manufacture, or that the CNTs have been rubbed (or blown) off their supporting
substrate since manufacture. If the latter is true, then the claim that the detector
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is suitable for use as a real-time in-vivo measure of surface dose would have to be
refuted. Unfortunately, neither the commercial supplier nor the inventors replied to
queries regarding the fact no CNTs could be observed, and the measurements obtained
have to be taken at will. That is, it remains unconfirmed whether the thin CNT films,
when present, produce a genuine signal under irradiation, and what is the nature of
any such signal produced.

Chapter 7
Experimental Part III: Buckypaper
7.1

Introduction

In the third and last installment of the experimental chapters, the dosimetric response
of buckypaper is investigated under megavoltage x-ray irradiation. Unlike the percolation regime studied in Chp. 6, which gives rise to high resistivity CNT film devices
with p-type semiconducting behaviour in air [135, 136, 263], the increased bulk density of freestanding CNT films that are buckypaper ensure low resistance devices with
metallic conducting behaviour [80–82, 135, 143, 259, 260].∗ Attributed to the increased
probability of all-metallic nanotube paths, the reduced resistance is an adverse quality for measuring the online response of dose delivery since it is likely that the high
level of leakage current from small electric fields will mask the material’s semiconducting properties [46, 72, 105]. Indeed, a search of the literature could find no published
results on the use of buckypaper as a dosemeter in conventional x-ray or electron
radiotherapy. However, CNT film resistivity is observed to decrease with temperature [80,256, 260, 261], and a real-time change in conductance due to joule heating has
been observed under an intensive proton beam as a result [269]. This is in addition to
∗

CNT films above 20 nm in thickness generally behave like bulk films [249].

155

7.1. Introduction

156

the permanent change in conductivity observed post delivery due to inter-CNT bonding created by radiation damage following proton and heavy ion irradiation [57–59].
Even so, for the beam intensities and absorbed doses common to conventional electron
and x-ray therapy, such effects can be considered negligible [71–76, 269].
Noting the above, it is interesting to read that the inventors of the FlexDos device
(Ma and Yeow) were able to obtain an online response from a freestanding carbon fiber
film irradiated under a 6 MV and 15 MV x-ray beam [230], attributing the response
to excitation of bound electrons into the conduction band. With an approximate
thickness of 150 µm and a resistance of 1.5 Ω, the detector exhibited a sublinear dose
rate dependence, as shown in Fig. 7.1 below. As such, the first aim of this chapter is to
determine whether this induced signal can be emulated using low resistivity SWCNT
buckypaper as the sensing medium, but with an improved linearity of response.

Figure 7.1: Dose rate response of a freestanding carbon fiber film, as recorded by Ma and
Yeow 2008 [230]. A bias potential of 10 V was supplied and the device was
irradiated atop of the treatment couch at 100 cm SSD, and at the beam energies
and field sizes stated in the graph. There was no mention of any solid water
backing being used which would otherwise provide full scatter conditions.
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Secondly, a shift in the I-V characteristic curve of a small piece of SWCNT buckypaper (∼ 1 cm × 0.3 cm × 30 µm) fabricated at UOW’s Intelligent Polymer Research
Institute (IPRI) has been observed approximately 18 hrs post irradiation [350]. Performed by Yee (a previous CMRP honours student) under a 6 MV x-ray beam, and
shown in Fig. 7.2, the shift (or offset) was attributed to the polarisation effect common
to diamond detectors i.e., defect induced trapping centers within the bandgap of semiconducting SWCNTs create a buildup of space charge in the bulk of the detector, the
electric field of which gives rise to an electric field of opposite sign to the applied field.
In particular, the shift was observed to decay with time back to its pre-irradiation
position, taking approximately 1.5 hrs to do so following the first characteristic measurement. This suggests shallow level traps were filled due to exposure to ionising
radiation before ambient light and thermal excitation resulted in a gradual depumping of the trapped states, the irradiated sample behaving like a slowly discharging
capacitor. With only one device measured and one decay measurement provided, the
observation is far from conclusive. As such, the second aim of this chapter is to determine systematically if indeed a shift is observed. If so, it provides the potential for
buckypaper to be used as a passive dosimeter so long as the shift is proportional to
the dose deposited.

7.2
7.2.1

Materials and Method
Fabrication of SWCNT buckypaper samples

Throughout the duration of this thesis, 6 batches of SWCNT buckypapers (measuring
approximately 4 cm × 6 cm × 100 µm) were fabricated by the author at UOW’s Intelligent Polymer Research Institute (IPRI). The method involved adding 130 mg of HiPco
SWCNTs (average diameter of 1 nm and ranging in length from 100 – 1000 nm) into
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Figure 7.2: Shift in the I-V characteristic curve of a small piece of buckypaper following
6 MV x-ray irradiation, as recorded by Yee 2009 [350]. The dose deposited was
not stated, but measurements were performed under standard reference conditions with no bias applied, and with an appropriate amount of solid water used
as a backing material to provide full scatter conditions. The first measurement
in the graph at 12.28 corresponds to 12:28 pm, approximately 18 hrs following
the initial irradiation. The shift with time following this initial measurement
is clearly visible.

240 mL of Milli-Q de-ionised water containing 3 mL of Triton X-100 (used as a surfactant) before dispersing the CNTs using a Branson 450 digital sonicator horn. The
conditions used were an amplitude of 30 %, pulse duration of 1.0 s, and pulse delay of
1.0 s for a total ‘on’ running time of 2.5 hrs. To minimise increases in temperature,
the sample vial was placed inside an ice-water bath during sonication. Following horn
sonification, the dispersed solution was subjected to further treatment in an ultrasonic
bath for 60 min. The resulting homogeneous dispersion is then vacuum filtered using
a Vacuubrand CVC2 pump (that typically operated between 30 and 40 mbar) through
a commercial membrane filter wetted with ethanol and housed in an Aldrich glass filtration unit. Once the dispersion was filtered, which typically took 6 hrs, the resulting
buckypaper was washed repeatedly with 250 mL of Milli-Q de-ionised water to remove
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any trace elements of surfactant. After washing, a final wetting with ethanol is carried
out before letting the damp buckypaper dry further overnight. The dry buckypaper
was then carefully peeled away from the underlying commercial membrane filter. As
shown in Fig. 7.3, the final result is a freestanding tangled network of CNT ropes and
bundles, as well as some individual tubes, all held together by non-covalent interactions. Most importantly, approximately 1/3 of the SWCNTs observed in the image
are metallic while the remaining 2/3 are semiconducting.

(a)

(b)

Figure 7.3: (a) Microscopic image of the surface of buckypaper (produced at IPRI) using a
JEOL JSM-7500FA field emission scanning electron microscope at UOW’s Institute for Semiconducting and Electronic Materials (ISEM). (b) Photographic
image of two buckypaper samples attached to the Kapton probe which allows
for ease of online dose-rate measurements in addition to four-point DC measurements.

The buckypapers produced were cut into smaller samples of approximately 1.5 × 1.5
cm2 in size before being carefully affixed to the aluminium contact pads of the Kapton
probe (described in Chp 6.3) with conducting silver paste, as shown in Fig. 7.3(b).
Being very brittle, the probe provided the required mechanical support to prevent film
breakage as well as provide ease for the necessary dose-rate and four-point electrical
characterisation measurements performed later on in this chapter.
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I-V characteristic measurements

The same setup as that described in Chp. 6.3.1 was used to measure the I-V curves
of the buckypaper samples produced from each batch (approximately four to five per
batch), the only difference being that four-point DC measurements were performed
due to the low resistance of the devices being measured. In this way, the lead resistance can be eliminated which would otherwise add a significant source of error to
the measurement process [347]. To obtain good statistics, the measurement process
was repeated 10 times over for each device in question, and was always done in both
negative and positive polarities.
In addition, given the dose-rate response of the buckypaper devices will be based
on a variation in film conductivity, it must be ensured that all resistances measured are
due to the nanotubes in the network and not due to the nanotube/silver paste interface
at the contacts. To extract the contact resistance, a buckypaper cutout from the first
grown batch (batch 1) measuring 1.5 × 5.5 cm2 was used, with the silver paste painted
on at varying separation distances (width of contacts held constant at ∼ 3 mm) to
define four various spacings of length di , as shown in Fig. 7.4. The resistance between
contacts of different spacing was then measured using the four-point method (and
repeated 10 times over), and plotted as a function of spacing so that the y-intercept
of the linear plot gives the contact resistance [80, 82].

Figure 7.4: Illustration of the experimental setup used to measure the contact resistance.
Clearly visible are the four inter-electrode spacings on the sample of buckypapers used to do so, each of which has a width of 2 mm, 5 mm, 10 mm, and
20 mm respectively.
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Dosimetric characteristic measurements

For the study of the dose-rate response of buckypaper, two 1.5 × 1.5 cm2 samples from
batch 6 were irradiated at 600 MU/Min under a 6 MV x-ray beam produced from
the Varian 2100C medical linear accelerator at ICCC. Biased at - 0.02 mV so as to
not overload the dose-rate readout system described in Chp. 5.4.1, each sample was
irradiated to 100 and 1000 MU respectively. All measurements were performed at the
depth of dose maximum, and with 10 cm of solid water (Gammex 457) backing to
provide full scatter conditions. Dose output was monitored by transmission chambers,
with 1 MU equal to 1 cGy at dmax in water under standard reference conditions.
To emulate the temporary change in conductance generated by the carbon-fiber
device described by Ma and Yeow, a closer inspection of their experimental setup was
required. From Ma et al. [230], it was determined that a resistor array (with equivalent
resistance of 592 MΩ) was placed in series with the device to lower the base current of
the circuit which was supplied with a potential difference of 10 V. Given that the low
resistance of the sensor is acting as a virtual short to the circuit, the bias across the
sensor is essentially 0 V. This makes it hard to understand how a current increment
of up to 0.3 nA (as shown in Fig. 7.1) could arise in the arrangement described, since
any increase in conductivity would be largely diluted by the pre-existing conduction
electrons, unless of course the array resistor is in someway responsible.∗ In order to
determine the exact cause of this response, dose-rate measurements at 100, 300 and
600 MU/Min were performed with a 300 MΩ resistor in series and at a circuit bias of 10
and 100 V, respectively. The buckypaper sample used was from batch 6 and measured
1.5 × 1.5 cm2 in area.

∗

Indeed, it would seem more logical to decrease the applied circuit voltage whilst introducing a bias
resistor of comparable resistance in order to optimise the signal, which is common in current mode
with a low resistance sensor device [347].
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With regards to measurements of the shift in I-V characteristics, two 1.5 × 1.5 cm2
samples from each batch were irradiated under the 6 MV x-ray beam (without electronic attachment to the dose-rate readout system) for a total dose of 1 and 10 Gy
respectively. For purposes of entirety, one sample from batch 3 was also irradiated to
100 Gy. Batches 1 and 2 were then measured passively with the Keithley 614 electrometer, that is, without attachment to the Keithley 230 voltage supply, with the idea in
mind that any offset due to polarisation should induce a slow decaying current in the
electrometer that can be sampled with time. Four point DC measurements were then
performed on batches 3 to 6 (with the setup described in Sec. 7.2.2) at half hour intervals following irradiation to follow the decay in any shift of the I-V curve that could be
observed, the measurements compared to the original performed prior to irradiation.

7.2.4

Errors

Error analysis was carried out in the same fashion to that described in Chp. 5.4.2, the
combined error value stated (or depicted graphically by an error bar) with a 95 % level
of confidence around the mean.

7.3
7.3.1

Results and Discussion
I-V characteristic measurements

The I-V curve of each buckypaper sample produced displayed a linear ohmic behaviour.
From the inverse of the slope, which was fitted using linear regression, the resistance
of each sample was obtained, as shown in Fig. 7.5. From these results, the low resistivity of each sample is evident, which is attributed to the highly interconnected
SWCNT array creating multiple all-metallic nanotube paths. In addition, there exists
both a slight intra- and inter-sample variability in electrical properties. The former
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is attributed to changes in the film thickness as a function of spatial position, whilst
mechanical damage in attaching the samples to the kapton probe could also cause this
effect. The size of this variance (2 standard deviations) around the mean resistance
value for each batch is given directly next to the individual measures. The differences
observed between batches is attributed to variances in the impurity concentration and
level of CNT bundle agglomeration that results during fabrication [236]. This would
suggest increased control measures are required in the fabrication process to improve
the reproducibility of the electrical characteristics of SWCNT buckypaper.

Figure 7.5: Resistivity values of each buckypaper sample fabricated at IPRI. The batch
number refers to each separate sheet of buckypaper produced, with its intrasample variation and mean provided for next to the individual measures of
sample resistance.

Plotting the resistance as a function of inter-electrode spacing, as shown in Fig. 7.6,
allows the contact resistance to be deduced. Taken as the resistance at zero channel
length [80, 82], it was measured at a value of 1.6 ± 0.9 Ω (regression coefficient of
0.985). This resistance value is approximately 10 times smaller than the resistance
of the film at 1.5 cm channel length, the typical dimension of a buckypaper sample
produced for irradiation measurements. This indicates that the resistance is dominated
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by the nanotube network, with only small contributions from the nanotube/silver paste
interface at the contacts. This is consistent with measurements by Hu et al. [82] which
used gold as an electrical contact to the nanotube network.

Figure 7.6: Determination of the contact resistance of the buckypaper device. The measured resistance is plotted against the contact spacing produced on a long strip
of buckypaper. The y-intercept provides a measure of the contact resistance
sought.

7.3.2

Online irradiation response

With the experimental setup described in Sec. 7.2.3, no response current was observed
under 6 MV x-ray irradiation for either buckypaper sample introduced into the beamline. However, unlike the diamond and FlexDos devices which also made use of the
MRT designed dose-rate readout system, the low resistance of the buckypaper sample
used (∼ 20 Ω) lead to a high noise contribution in the baseline signal value. Measuring
a few nA in size (compared to ∼ 1 pA in the other systems described), it could well be
possible that the noise envelops any small signal produced within the sensing medium.
On the other hand, after introducing a 300 MΩ resistor in series with the buckypaper device and applying a circuit bias of - 10 V, a response current was observed,
the net online response shown in Fig. 7.7(a). Increasing the bias potential from - 10

7.3. Results and Discussion

165

to - 100 V saw the baseline current became to unstable for accurate determination of
the dose-rate response. The fact a negative current was sourced from the preamplifier during irradiation suggests the low resistance buckypaper device, which acts as a
virtual short to the circuit, allowed for an induced charge buildup at the site of the
series resistor due to the stem effect,∗ creating an opposing electric field that temporarily offsets the baseline current value as observed. This would also explain the
results produced by Ma and Yeow in Fig. 7.1, since they only report the change in
conductivity observed, not taking into account the polarity of the signal induced. For
comparative purposes, a plot of the change in current as a function of dose rate is
shown in Fig. 7.7(b).

Figure 7.7: (a) Net online response of buckypaper irradiated to 100 MU by a 6 MV x-ray
beam at a circuit bias of - 10 V and with a 300 MΩ resistor introduced in series.
(b) A plot of the change in current shown in (a) as a function of dose rate.

∗

The stem effect is defined as the radiation induced conductivity in the cable or stem of the radiation
detector when exposed to a radiation beam [351].
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Passive irradiation response

Post irradiation measurements of each buckypaper sample investigated showed no evidence of a passive current measured with the Keithley 614 electrometer or a shift in
the I-V characteristic curve, even for doses as large as 100 Gy. Typical plots obtained
are shown in Fig. 7.8 below. Given 6 separate batches of buckypaper were sampled, it
is highly unlikely the shift evidenced by Yee in Fig. 7.2 was due to a trapping of charge
in the bulk of the buckypaper sample used. However, it cannot be ruled out since
differences in added impurities from varying differences in the fabrication procedure
could affect this result. For instance, carbon nanotubes modified with azobenzene
have been shown to become charged under direct exposure to sunlight [352]. Even so,
it is believed rather that the shift observed in Fig. 7.2 is a result of drift in the input
voltage of the electrometer’s current sensing transimpedance (relative to ground) due
to an insufficient warmup time before measurement. Indeed, for the Keithley 614 electrometer used in these experiments, a 1 hr warmup time is recommended for readings
to become stable with time — a procedure not detailed by Yee [350].

Figure 7.8: Typical I-V characteristic curves for buckypaper samples pre- and postirradiation. (a) Sample from batch 4 irradiated to 10 Gy under a 6 MV x-ray
beam. (b) Sample from batch 5 irradiated to 1 Gy under a 6 MV x-ray beam.
This measurement in particular was done at 18 hrs after irradiation to emulate
the experimental conditions used to observe the shift in curve in Fig. 7.2.
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Conclusion and Future Work

Studying the irradiation effects of 6 MV therapeutic x-ray beams on SWCNT buckypaper showed no evidence of an online response or shift in the I-V characteristic curve,
consistent with the literature, but opposed to measurements obtained by Ma et al. and
Yee respectively. Indeed, the dose-rate response observed by Ma and Yeow [230] could
be explained by the sensor acting as a virtual short to the circuit, thus allowing for an
induced charge buildup at the site of the series resistor (due to the stem effect), the
likes of which creates an opposing electric field that temporarily offsets the baseline
current during beam delivery. On the other hand, the shift in I-V curve measured
by Yee [350] can be attributed to drift in the input voltage of the electrometer’s current sensing transimpedance (relative to ground) due to an insufficient warmup time
before measurement. Saying this, it can not be ruled out that differences in the fabrication procedure used to create buckypaper could well provide different impurities
and morphologies that could induce the required charge trapping states.
For future work, it is suggested that an instrumentational amplifier be used to
measure the buckypaper’s response current during irradiation. This is because the
differential amplifier is able to extract a small signal that might be induced in the sensor from the large noise component through direct measurement of the potential drop
across the contact terminals. In addition, it is also suggested that specific alignment
of the SWCNTs be introduced into the buckypaper’s CNT network so as to increase
resistivity in the plane orthogonal to their direction. By increasing the resistance, it
is envisioned that the film’s leakage current can be significantly reduced such the corresponding increase in the number of charge carriers produced in the semiconducting
nanotubes during irradiation can be measured. There also exists the potential that
an EPR or thermoluminescent signal could be obtained as a passive measure of the
absorbed dose, although such study existed outside the scope of this thesis.

Chapter 8
Conclusion
The aim of this thesis was to investigate the online response of novel carbon based
radiation detectors for their application in medical radiation dosimetry. The main
reason for this study was that their tissue equivalent energy response improves the
accuracy of absorbed dose-to-water measures, especially where there is a change in
spectral composition or if there is a need to use the detector in different beam qualities.
To begin the experimental work, the radiation dosimeter based on the boron implantion of single crystal CVD diamond was tested under conventional x-ray beams
and displayed excellent stability, repeatability, dose linearity (between 0.25 and 5 Gy),
and dose-rate linearity (between 1 and 6 Gy/min). In addition, its high purity removed the need for a priming dose which is common to most diamond detectors.
With a graphitised electrode buried within the diamond substrate at a depth of approximately 1.5 µm, the detector is purpose designed for use in the high dose gradients
of microbeam radiotherapy (MRT). Indeed, it showed a reduced variation in energy
response compared to that observed in the silicon microstrip detector, which is also
being studied extensively for its use as a solid-state dosimeter in MRT. However, it
was found that the signal response for a defined sensitive volume thickness of 1.38 µm
is upwards of 68 times greater than what the theoretically induced photocurrent will
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allow. The reason for this effect is attributed to the applied bias potentials (minimum of - 2.5 V) contributing an electric field strength which is able to penetrate the
insulating diamond substrate well beyond the depth of the buried electrode. Given a
spatial resolution of approximately 1 µm is required for the accurate determination of
the microbeam PVDR, the increased sensitive volume thickness renders the detector
inoperable for use as an edge-on dosimeter in MRT, an application for which it was
specifically designed.
The US patented radiation dosimeter known as FlexDos was then studied for its
online dosimetric characteristics under conventional x-ray beams, especially to verify
the results obtained by the inventors of the device. Based on a monolayer thick film of
randomly deposited carbon nanotubes, the results obtained were far from conclusive.
What can be confirmed is that a large signal is produced due to collection of charge
from air ionisation near the surface of the electrodes, a significant deficiency for practical application of the device in the radiotherapy department. However, discovery
that none of the four devices purchased had the thin CNT layer deposited on the
supporting substrate meant that it remains unconfirmed whether the thin CNT films,
when present, produce a genuine signal under irradiation. The reason why there was
no CNT layer remains unclear, but it is believed that either the thin film was never
deposited during manufacture or that the CNTs have been rubbed (or blown) off their
supporting substrate since manufacture. If the latter is true, then the claim that the
detector is suitable for use as a real-time in-vivo measure of surface dose would have to
be refuted. Unfortunately, neither the commercial supplier nor the inventors replied to
queries regarding the fact no CNTs could be observed, and the measurements obtained
have to be taken at will. That is, it remains unconfirmed whether the thin CNT films,
when present, produce a genuine signal under irradiation, and what is the nature of
any such signal produced.
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Given the study of the FlexDos device was not able to shed any light on whether
a real-time response is generated by the carbon nanotube film, a thicker variant was
fabricated at the University of Wollongong. Commonly known as buckypaper, it provided the final experimental component of this work. Studying the irradiation effects
of 6 MV therapeutic x-ray beams on SWCNT buckypaper showed no evidence of an
online response or shift in the I-V characteristic curve.

Appendix A
Experimental Uncertainty
In the measurement process results cannot be absolutely accurate but they can be
characterised by a statement of uncertainty — a parameter which describes the dispersion of the measured values that could reasonably be attributed to a quantities
underlying (or true) value [32]. In this way, one gets an indication of how large the
measurement error might be.∗ For example, if x is the true value associated with some
quantity and xm is the experimentally measured value, we say:
x = xm ± δx (confidence limit)

(A.1)

where δx is the uncertainty associated with the measurement of x. The confidence
limit stated in brackets, and expressed as a percentage, provides the probability that
x lies between x − δx and x + δx. To evaluate the uncertainty, both statistical methods
(type A) and other means (type B) are employed [7].

∗

According to present definitions, an error is the difference between a measured value and the true
value [353]. If it were known exactly, the true value could be determined.
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Type A Uncertainties

Type A uncertainties are random in nature and, as a result, can be assessed by statistical means. That is, in a sample of n repeated measurements, there will likely be
some random change in the conditions such that the outcome of each measurement xi
changes. Taking the mean result x as the best estimate of the quantities expectation
value:∗
n

1X
xi
xm = x =
n i=1

(A.2)

The scatter of the n measured values around their mean is characterised by the standard deviation:
v
u
n
u 1 X
t
σx =
(xi − x)2
n − 1 i=1

(A.3)

and the quantity σx2 is called the sample variance. For several data samples, the mean
values would themselves show a small random variation. An estimate of the standard
deviation of these mean values σx is given by:
σx
σx = √
n

(A.4)

and is referred to as the standard uncertainty of the mean. It provides a measure of
how closely x is likely to approximate the expectation value xe for a given number of
measurements n. In this way, the standard uncertainty of type A, denoted δxA , is
defined such that δxA = σx . If enough readings are taken per mean value, then the
distribution of mean values will be roughly Gaussian (normal) [86], and a confidence
limit of 68 % is thus established. By convention, a value equal to twice the standard
uncertainty is usually stated, providing a confidence limit equal to 95 %.
∗



The expectation value is the true mean of the distribution due to an infinitely large sample size [86].
Since it is a result of random variations, the standard uncertainty of the mean can be reduced, in
principle, by increasing the number of measurements n.
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The t Statistic
In the above analysis, the measured quantity was assumed to have a Gaussian distribution, such that the uncertainty can be stated with a 95 % confidence by taking
2σx . However, for a small number of measurements n, the variable quantity is not
normally distributed, with more of the probability spread out into the tails of the
distribution [98]. To account for this level of reduction in confidence, the t statistic is
introduced. For v = n − 1 degrees of freedom:
(A.5)

δxA = tσx

where the value of t used depends on the confidence level sought, as shown in the table
below. The larger v is, the closer the t-distribution approximates a Gaussian.
Table A.1: t values in terms of the confidence level desired [98]

Degrees of freedom (v)

t value
68 %

95 %

99 %

1

1.8

12.7

63.7

2

1.3

4.3

9.9

3

1.2

3.2

5.8

5

1.1

2.6

4.0

8

1.1

2.3

3.4

10

1.0

2.2

3.2

15

1.0

2.1

2.9

20

1.0

2.1

2.8

30

1.0

2.0

2.7

50

1.0

2.0

2.7

100

1.0

2.0

2.6
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Since the expectation value xe is not necessarily the true value, particularly if the
measuring instrument is improperly calibrated, the standard uncertainty of the mean
provides nothing more than an estimate of the experimental precision. The smaller
standard deviation, the higher the precision. As such, the accuracy of the measurement
can only be ascertained if we also account for type B sources of uncertainty in the
measurement process.

A.2

Type B Uncertainties

Type B uncertainties are those which affect all measurement readings in the same way,
ensuring they are assessed by non-statistical means. They include systematic influences
on the measuring process,∗ limits on the measuring equipments read-out resolution,
application of calibration correction factors, and use of physical data taken from the
literature [32]. Since they cannot be estimated by repeated measurements, scientific
judgment is used. This is done by estimating the limit beyond which the value of the
factor is not going to lie, and taking a fraction of this limit as the standard uncertainty
δxB .
It is often quite helpful to assume that type B uncertainties have a probability
distribution that is approximately Gaussian in shape. In this way, one can judge
their uncertainty estimate as excellent, good, or rough, and assign it a corresponding
confidence limit of 99 %, 95 % and 68 % respectively. For example, the measurement
of length with a ruler is limited by its smallest graduated division, thus a reasonable
“guess” for the uncertainty with a 68 % level of confidence would be half the value of
this resolution limit.

∗

If the cause of a systematic error can be identified, then it can usually be eliminated.
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Because type A and type B uncertainties are both estimated standard deviations,
they are combined in quadrature to give the combined standard uncertainty δx. That
is:
δx =

p
δx2A + δx2B

(A.6)

Even if the type A component vanishes, there will always be a type B contribution
coming from somewhere [98]. Assuming the combined uncertainty exhibits a normal
distribution also, the overall uncertainty 2δx will estimate with a 95 % confidence
where the true value x is likely to lie, thus providing one with a quantification of the
experimental accuracy.

A.3

Error Propogation

Quite often we are interested in a quantity that is not accessible by direct measurement
but must be calculated from the results of other measurements via a known relation.
For example, the determination of absorbed dose to water using the charge collected
from an ionisation chamber. If this is the case, the uncertainty must be derived,
dependent on how the individual measurements are combined to give the quantity
sought.
Assume that the two observable x and y are independent of each other and that
their respective uncertainties are δx and δy. If r is any general function such that
r = r (x, y, . . . ), then the uncertainty in r is given by [86]:
s
δr =

∂r
· δx
∂x

2


+

∂r
· δy
∂y

2
+ ...

(A.7)

Use of this rule then allows one to find the uncertainty for a variety of situations, as
shown below.
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Addition of measured quantities
If:

r =x±y
δr =

p
δx2 + δy 2

(A.8)

Multiplication of measured quantities
If:

r = xy or x/y
s
δr = |r|

δx
x

2


+

δy
y

2
(A.9)

Functions of a single variable
If:

r = cx, where c is a constant that is known exactly
δr = |c| δx

If:

r = xn , where n is any real number (other than zero)
δr = |n|

If:

δx
|r|
x

(A.11)

r = ln (x)
δr =

If:

(A.10)

δx
x

(A.12)

r = sin (x)
δr = cos (x) δx

(A.13)

Appendix B
Spencer-Attix Cavity Theory
BraggGray cavity theory does not take into account the reduction in absorbed dose
that results within a cavity due to the escape of δ-rays produced by the slow down
of the primary (or secondary in the case of photons) electron beam in the sensitive
volume of the dosimeter. To explicitly account for the influence of this delta electron
range on detector response, one requires the use of restricted mass stopping powers,
as governed by the Spencer-Attix formulism. That is [96]:
Dmed
=
Dgas



L∆
ρ

ER
max

=

med
gas

h
i
ΦδE,med (E) (L∆ /ρ)med dE + ΦδE,med (∆) (Scol (∆) /ρ)med ∆

∆
ER
max

(B.1)
ΦδE,med

h
i
δ
(E) (L∆ /ρ)gas dE + ΦE,med (∆) (Scol (∆) /ρ)gas ∆

∆

where ΦδE,med (E) is the electron fluence spectrum incident on the cavity and includes
all electrons with energies above the cut-off value ∆ (whether primary electrons with
energies up to Emax or δ-ray electrons),∗ (L∆ /ρ) is the restricted mass stopping power,
∗

The magnitude of the cut-off energy applied depends on the size of the cavity and is chosen typically
such that an electron of energy ∆ has an expected range equal to the mean chord length across the
cavity [96]. For typical ionisation chambers, the nominal value used is 10 keV.
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and (Scol /ρ) is the unrestricted mass collision stopping power. By using restricted
stopping powers in the integral,∗ energy losses below ∆ can be assumed to be local
to the cavity, whilst all energy losses above ∆ can be assumed to escape the cavity
entirely — these delta electrons are then distinctly accounted for by their presence
in the electron fluence spectrum ΦδE,med (E). The second terms in the numerator and
denominator are referred to as the track end terms [101], accounting for those electrons
in the spectral fluence with energy less than 2∆ and whose energy falls below ∆ in the
cavity chamber, thus causing their removal from the incident beam and their residual
energy to be deposited locally. Given the assumption of local energy deposition, the
measurement of dose in the medium is accurate on its own without invoking CPE [12].
In practice, the use of restricted mass stopping powers in the Spencer-Attix formulism provides much better agreement with experimental results as compared to the
Bragg-Gray relation, making it the accepted procedure for absolute dosimetry [12].
And like its predecessor, the theory still requires the two Bragg-Gray conditions to
hold. However, the conditions are more stringent since one must ensure the entire
secondary electron spectrum is not perturbed by the presence of the cavity so that
ΦδE,med (E) = ΦδE,gas (E), as assumed in the denominator of Eq. B.1 above.

∗

The integral starts at the cut-off energy owing to the fact these electrons in the spectra are assumed
to deposit their dose outside the cavity volume.

The unrestricted mass collision stopping powers are used in the track end terms because the maximum
energy transfer for an electron with energy less than 2∆ can be no greater than the cut-off value ∆.

Appendix C
Carbon Bonding
Carbon atoms covalently bond to non-metals by the sharing of electron pairs. Like
many of the first-row elements of the Periodic Table, this sharing is a result of the
atoms unique electronic configuration 1s2 2s2 2p2 , in which the similar energies of the
2s and 2p valence states allow it to form a number of hybridised (or mixed) atomic
orbitals [177]. This reorganisation of the valence shell structure allows the carbon
atom to adapt and form chemical bonds with numerous different geometries. Without
it, carbon would only be able to form two bonds, two short of the desired stable noble
structure [121].

Figure C.1: The shell model of the carbon atom (reproduced from [354]). The two K shell
inner electrons are tightly bound to the carbon atom whilst the four L shell
valence electrons residing in the 2s and 2p subshells are weakly bound and
responsible for the atom’s chemical properties.
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Allotropes of Carbon

Elemental carbon exists naturally as one of either two crystalline allotropes: diamond
and graphite. During the hybridisation process, an electron from the full 2s orbital is
excited into a 2p orbital as the once separate carbon atoms approach and interact [177].
At this time the remaining 2s orbital (or wave-function) is mixed (or combined linearly)
with either:
i. The three 2p orbitals to form four new degenerate hybrid sp3 orbitals (oriented in
a tetrahedral fashion), each of which is only half occupied [121]. The yield from
this sp3 hybridisation is four covalent σ-bonds as the unpaired hybrid orbitals
of the carbon atom overlap with the unpaired hybrid orbitals of four adjoining
carbon atoms. The bond length between these sp3 carbon atoms is 1.56 Å [132].
By extension, this produces a 3-dimensional tetrahedral network of carbon atoms
within the crystalline structure, creating diamond [177]. Indeed, it is this interlocking network of covalent bonds that makes diamond so rigid and hard. And
since the valence electrons are held tightly within the bonds between the carbon
atoms, the material acts as an insulator, and is thus a very poor conductor of
electricity [121].

Figure C.2: sp3 orbital hybridisation of the carbon atom (reproduced from [177]). The
spatial distribution of valence electrons occupying each orbital in the excitated
and then hybridised states is shown for clarity. The four hybrid orbitals are
naturally oriented in a tetrahedral fashion.
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ii. Two 2p orbitals to form three new degenerate hybrid sp2 orbitals (oriented in
a trigonal planar fashion) and one unaffected 2p orbital, each of which is again
only half occupied [121]. The yield from this sp2 hybridisation is that of three
covalent σ-bonds as the unpaired hybrid orbitals of the carbon atom overlap with
the unpaired hybrid orbitals of three adjoining carbon atoms. The bond length
between these sp2 carbon atoms is 1.42 Å [132]By extension, this produces a twodimensional hexagonal network of carbon atoms known as graphene [177]. The
graphite crystalline structure results from the ‘stacking’ of graphene sheets in
parallel, with each sheet held together (at a distance of 3.35 Å) by weak Van der
Waals forces of attraction, making it a particularly soft and lubricating material
[120]. Due to resonance,∗ the remaining 2p orbital overlaps with those from
neighboring carbon atoms, in a lateral manner, to form the observed covalent
π-bonds [177]. From these bonds, a delocalised electron network exists above
and below each plane of atoms such that the corresponding 2p electrons can
move anywhere within the graphene sheet, thus making graphite an electrically
conducting semi-metal [121]. However, it must be noted there is no direct contact
between these electrons from neighbouring sheets.

Figure C.3: Carbon bonding in graphene due to sp2 orbital hybridisation (reproduced from
[177]). The three hybrid orbitals are naturally oriented in a trigonal planar
fashion.

∗

In the chemical context, resonance refers to the averaging of an electron distribution over two or more
contributing structures to produce a hybrid electronic structure [177].
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Graphite is the form of carbon most stable under standard conditions; whilst diamond
is the form stable at very high pressure. Once formed, diamond continues to exist
at atmospheric pressures and below about 900 because the transformation rate of
diamond to graphite under these conditions is extremely slow [121].
Elemental carbon has also recently been found to exist as one of a growing number
of synthetic allotropes, of which carbon nanotubes and buckminsterfullerine are included [120]. In particular, the latter is a spherical molecule made of 60 carbon atoms
formed as a result of sp2 hybridisation in the break down of graphite [122]. It is the
distinct macromolecules of these synthetic allotropes which form their corresponding
crystallite structure, with each macromolecule held together by weak Van der Waals
forces of attraction.∗ In contrast, carbon substances such as coal, charcoal, and lampblack have no crystal structure (no long-range order), resulting in their categorisation
as a form or amorphous carbon [121].

Figure C.4: Three prime allotropes of carbon in their atomic form: (a) diamond, (b)
graphite, and (c) buckminsterfullerine (along with the associated crystal structure). Reproduced from Kasap 2006 [121].

∗

The crystallite structure of buckminsterfullerine creates a semiconducting material which is mechanically soft [121].

Appendix D
The Electrometer
For the dose rates used in radiotherapy (a few Gy/min), the ionisation currents produced by an ionisation chamber are of the order of a few hundred pA [7]. This means
the use of standard galvanometer techniques with a typical detection limit of 10−9 A
are not possible [86]. Instead, electrometers are commonly used, the likes of which
incorporate a high gain negative-feedback operational amplifier (op-amp) into their
circuitry design, amplifying the small signals involved and creating a state of stable
operation for the indirect and accurate measurement of current and charge.
Best thought of as ultra-high input impedance voltmeter,∗ the electrometer measures the current (or charge) by sensing the voltage drop across the negative feedback
element of the operational amplifier [12]. In fact, as the negative charge of the electrons flow from the ion chamber, the input circuit is driven to a negative potential Vi ,
as shown in Fig. D.1. In doing so, this creates a positive output potential Vo = AVi
which is upwards of 104 times (or more) the size of the input signal due to the op-amps
high open-loop gain A [355]. In this way, the voltage drop across the feedback element
is dictated by the relatively large output voltage produced, with the type of element

∗

The input impedance of the operational amplifier Ri is so large (> 1012 Ω) that it does not allow the
passage of any significant current through it.
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Figure D.1: Schematic diagram of an ionisation chamber connected to a negative-feedback
operational amplifier for the measurement of (a) integrated charge and (b) ionic
current (adapted from Attix 2004 [12]). Operating as a differential amplifier,
the op-amp acts to amplify the difference between the inverting (negative)
and non-inverting (positive) inputs by the magnitude of its high open loop
gain A (> 104 ). If the non-inverting input is grounded, Vo = −AVi , and the
negative terminal is then very close to the ground potential, becoming a Virtual
Earth [355].

used depending on the measurement being sought:
 For integrative measurements of charge (or dose) a capacitor C is introduced

into the feedback mechanism such that the vast majority of the negative charge
Q generated within the ion chamber over a fixed time interval is deposited on it.
Through application of Kirchhoff’s junction rule, it can be shown [355]:
Vo =

AQ
Ci + C (1 + A)

(D.1)

where Ci is the distributed capacitance of the input circuit to ground.∗ Since
the open loop gain A is very large:
Q
Vo ∼
=
C

(D.2)

and the value of the negative charge collected is then very accurately determined
through measurement of the voltage drop across the feedback capacitor (which
is digitally calibrated in terms of coulombs on the output meter). To provide a
∗

The distributed capacitance inherent within the input circuitry includes that of the ion chamber, the
connecting cables and the input of the op-amp [86].
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range of charge sensitive measurements, electrometers are designed with several
capacitors of differing value that can be switched into the circuit as required.
 For measurements of ionic current (or dose-rate) the resistor R is introduced into

the feedback mechanism such that the negative current I flowing from the ion
chamber and through the resistor generates a voltage drop IR = Vi + Vo across
it. Since the open loop gain A is very large:
Vo ∼
= IR

(D.3)

hence the value of the negative current is very accurately determined through
measurement of the voltage drop across the feedback resistor (which is digitally
calibrated in terms of amperes on the output meter). Several resistors of differing values can be switched into the circuit to change the range of current
measurements possible.
From a signal-to-noise standpoint, it is always preferable to minimise the capacitive
loading on the op-amp, and thus the op-amp should be located as close as possible to
the detector to help eliminate cable noise [86].

D.1

The MRT Dose-Rate Readout System

To cope with the wide dynamic range generated by a detector in MRT, which, in
principle, is directly proportional to the dose rate delivered (upwards of 20 kGy/s in
the peak x-ray microbeam regions), a new ultrafast readout system that demonstrates
accurate sensitivity and linearity over five orders of magnitude of input signal has
been developed. As shown in Fig. 5.7, the system is comprised of a pre-amplifier
module, a central data acquisition unit (CDAU) and a custom designed graphical user
interface known as RadPlot, all of which are described in more detail below. Powered
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by a 220 V(AC) external power supply, manual adjustment is required to vary the DC
offset and detector bias controlled by the CDAU. Acquisition of the detector’s digitised
current signal, sampled at a rate of 1 MHz, is triggered at any time the operator deems
fit via a ‘Start’ button in RadPlot.
To make the readout system user-friendly for its clinical application as a pretreatment or in-vivo quality assurance tool, recent improvements to the system have
been made whereby all required adjustments are controlled by the RadPlot software,
the trigger itself controlled by the Synchrotron Control System (SCS) immediately
before the main x-ray beam shutter is opened. Details of the system can be found
in [293].

D.1.1

The preamplifier module

To maintain linearity in the detector’s signal response and reduce the output offset
due to any input leakage current, the frontend of the preamplifier is provided with
a transimpedance amplifier, namely a commercial JFET operational amplifier with
cascode compensated architecture (AD797). Contributing a feedback resistive gain of
33 MΩ (± 5 %) with 110 MHz bandwidth, the output signal from the AD797 op-amp
is fed through a unity gain buffer (THS4031) before being driven into the input of
the CDAU via the EL5170 differential amplifier, the latter helping preserve the signal
integrity during its transmission. To maximise the signal-to-noise ratio, a short cable
connects the detector probe and preamplifier, quickly terminating capacitive noise
pickup. A circuit diagram of the preamplifier module is shown over the page.

D.1. The MRT Dose-Rate Readout System

187

D.1. The MRT Dose-Rate Readout System

D.1.2

188

The central data acquisition unit (CDAU)

The CDAU controls the acquisition of the differential signal generated by the preamplifier, the digital conversion of the signal, the high voltage bias of the detector and
the regulated bias for all other electronic components.
A EL5172 differential amplifier receives the output signal from the preamplifier,
generally via a long cable which allows positioning of the preamplifier close to the
detector source. The signal is then fed through another unity gain buffer (THS4031)
before a 16-bit analogue-to-digital converter (ADC) samples the pulse amplitude of the
input signal at a rate of 1 MHz, outputting integer numbers (or counts) proportional
to the amplitude of the current (see Eq. D.3). With an input dynamic of 4.096 V and
16 bits available, this corresponds to a maximum of 65,536 counts at 62.5 µV/count.
A Xilinx Spartan-3 Field Programmable Gate Array (FPGA) is then used to process
the digital signal, at which time a DATA READY flag is sent to the USB2.0 interface
incorporated onto the XEM3001 FPGA integration module. When the flag is activated
the computer software generates a DATA TRANSFER command which starts the
transfer of data to the remote personal computer in blocks of 1064 bytes at a rate of
48 MHz through a standard USB2.0 link. The graphical interface software (RadPlot)
manages the number of blocks using a fixed virtual data buffer. To minimise the size
of the file produced from any prolonged acquisitions, the averaging of 2, 4, 8 or 16
samples using data decimation is made possible via the ‘FPGA Averaging’ button in
RadPlot. A circuit diagram of the CDAU is shown over the page.
To guarantee the positive polarity of the signal provided to the ADC, a DC offset
controlled by the CDAU is made available to adjust the baseline output voltage as
required. However, care must be taken when analysing the data since the signal
generated by the detector is inverted at the op-amps negative input terminal.
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RadPlot

RadPlot is the readout graphical user interface (GUI), fully designed and developed in
C++ using the Nokia QT rev4.0 developing suite. It initialises the USB link, sends the
firmware to the FPGA by the USB link and acknowledges if the device is connected
and fully operating. At this stage, the GUI also manages the data acquisition trigger,
the acquisition time, and the averaging of sampled data before outputting a .dat file
extension. The data is then displayed graphically on the user interface, but at a
reduced decimation so as to speed up the visualisation process. A screen shot of the
RadPlot software following a typical dose delivery is shown in Fig. D.2. Analysis of
the data is done post-readout by the user, and on the full data set, allowing one to
determine the detector’s dose-rate and integral response (in terms of counts).

Figure D.2: Screen shot of the data acquired by the RadPlot software following a typical
dose delivery in conventional x-ray and electron beam therapy. All the important features of the scan are clearly visible, with analysis on the full data set
possible by selecting the baseline and integral regions. Statistical measurement
of the uncertainty requires the file extension be converted to .txt and uploaded
in a data analysis program such as Origin.
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System gain

The equivalent counts-to-current conversion factor is obtained using a constant current
source input into the preamplifier and then measuring the DC level output in RadPlot.
As shown in Fig. D.3, the system response is a linear function of the current, and the
conversion factor was determined from the inverse of the slope to give 2.027 pA/count.

Figure D.3: The counts-to-current conversion factor and response linearity as a function of
input DC current for the MRT dose-rate readout system.
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[178] M.P. Anantram and F.L. léonard. ‘Physics of carbon nanotube electronic devices’. Rep. Prog. Phys., 69: pp. 507 – 561, 2006.
[179] J.W. Mintmire and C.T. White. ‘Universal density of states for carbon nanotubes’. Physical Review Letters, 81(12): pp. 2506 – 2509, 1998.
[180] M. Ouyang, J. Huang, and C.M. Lieber. ‘Fundamental electronic properties and
applications of single-walled carbon nanotubes’. Accounts of Chemical Research,
35(12): pp. 1018 – 1025, 2002.
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